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1. Introduction
Our brain works using electricity. Information between neurons is passed along their 
membranes by electrical currents in the form of action potentials. Action potentials are 
initiated when the electric potential between the intra- and extracellular space changes, 
crossing a certain threshold. Intact electrical processing is a necessary prerequisite for the 
functioning of the brain and various neurological and psychiatric disorders are thought to 
occur from pathological processes concerning the electrical signal propagation between 
neurons. It seems thus important to have tools available which allow us to interfere with 
electrical activity in the brain and study the effect of externally applied electric fields on 
neuronal activity. 
However, the degree to which we can experimentally control and measure electric fields and 
currents varies strongly between different spatial scales. In patch clamp experiments, 
electrodes can be directly inserted into the cell and electric currents can be applied and 
measured at a closest possible distance to the neuron. Also in slice experiments, electric 
fields can be imposed in a very controlled manner at the cell culture, and the interaction 
between electric fields and neuronal activity can be measured. At the level of the human 
brain, a precise application and measurement of electric fields is more difficult as direct 
access to the brain is only given in the case of patients undergoing brain surgery, whereas in 
healthy subjects the skull and other tissues of the human head are major obstacles for 
electric fields reaching the brain. Nevertheless, in the last 20 - 30 years two methods to non-
invasively apply electric fields to the brain emerged in the form of transcranial magnetic 
stimulation (TMS) and transcranial direct current stimulation (tDCS). Both methods work by 
imposing electric fields on the brain, either by placing a magnetic coil or electrodes on the 
scalp.  
In this thesis, we explore the use of computational models that numerically solve the electric 
field during TMS and tDCS in order to improve the spatial precision of these methods. For 
TMS, we validate the prediction of those newly developed computational models with 
physiological measurements in healthy subjects as well as in brain tumor patients. In the 
following, we shortly describe the background of TMS and tDCS, as well as the current state 
of the art in computational models for brain stimulation, before outlining the new contributions 
to existing knowledge based on three publications/manuscripts. 
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1.1 Transcranial magnetic stimulation 
Transcranial magnetic stimulation works by placing a coil on the head which creates a 
temporally changing magnetic field, thus inducing an electric field in the brain (Barker et al., 
1985). This electric field causes de- or hyperpolarization of neurons which can lead to the 
generation of action potentials when applied above a certain threshold. Over the motor 
cortex, TMS pulses can either elicit motor evoked potentials (MEPs) or, in the preinnervated 
muscle, induce a silent period. Only the motor cortex provides this easy cortical excitability 
readout that can be recorded electromyographically. TMS is used diagnostically e.g. to test 
the intactness of motor pathways (Rothwell et al., 1999). Furthermore, TMS is vastly 
employed in cognitive neuroscience research to investigate causal structure–function 
relationships in the brain (Pascual-Leone et al., 1999). The successive application of TMS 
pulses in a certain temporal order, so called repetitive TMS (rTMS) can, depending on the 
applied protocol, cause either inhibition or excitation of specific brain regions which are 
longer lasting and thought to be based on long term potentiation (LTP) or long term 
depression (LTD) like effects (Fitzgerald et al., 2006), and holds promise as a therapeutic tool 
for certain neuropsychiatric disorders (Padberg and George, 2009, Lefaucheur et al., 2011). 
Despite its widespread use and various applications, the exact neuronal mechanisms upon 
which TMS acts are still incompletely understood. Different possibilities through which TMS 
can excite neurons have been discussed in the literature. To cause a localized depolarisation 
of the neuronal membrane that can lead to the initiation of an action potential, the electric 
field has to show a spatial gradient along the neuron which was described with the so called 
activating function (Rattay, 1986). As the TMS induced electric field usually does not change 
strongly on the spatial scale of a neuron, it is rather the morphological changes in the neuron 
itself that determine the activation sites. One possible stimulation site could be at axons 
bending in white matter (Amassian et al., 1992, Opitz et al., 2011, Nummenmaa et al., 2014). 
Also axonal or dendritic terminations can be subjected to stimulation (Salvador et al., 2011), 
thus enabling neurons that lie horizontally in the gyral crown (Day et al., 1989) or are aligned 
perpendicular to the sulcal wall (Fox et al., 2004) to be excited by strong tangential electric 
fields. Recently, it has been proposed that the soma is the main target of stimulation due to 
its thicker diameter and thus reduced threshold (Pashut et al., 2011). The importance of the 
direction of the electric field with respect to neuronal structures is clearly visible at the motor 
cortex. MEP amplitudes vary strongly depending on the orientation of the coil with respect to 
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the motor cortex, with largest amplitudes being elicited when the electric field is aligned 
perpendicularly to the central sulcus (Brasil-Neto et al., 1992, Balslev et al., 2007, Richter et 
al., 2013). Currently, new TMS coil designs have been explored which might override the 
directional dependence of TMS to achieve a more uniform stimulation of neuronal 
populations (Rotem et al., 2014). It is still under discussion which elements of the motor 
cortex are the main contributors to a motor evoked potential. Both the "old M1" in the crown 
with disynaptic connections to the motor neurons or the "new M1" in the wall with 
monosynaptic connections (Rathelot and Strick, 2009) can potentially contribute to generate 
a MEP. From recordings in the pyramidal tract in cats and primates, two principal 
mechanisms for MEP generation are known. First, for high intensities an early short latency 
volley occurs which was termed "D - Wave" (direct), which is thought to result from a direct 
activation of pyramidal axons (Patton and Amassian, 1954). Second, later potentials, so 
called "I - Waves" (indirect), are elicited by cortical stimulation and transynaptically activate 
pyramidal tract neurons (Patton and Amassian, 1954). These findings were later confirmed 
with direct recordings in the spinal cord in awake patients (Di Lazzaro et al., 1998). 
Irrespective of the neural mechanism of action that leads to excitation, the electric field is the 
main driving factor and a precise knowledge of the electric field distribution is of major 
interest to determine which part of the cortex is stimulated. Due to various different tissues in 
the head and the convoluted structure of the brain, the induced electric field follows an 
intricate pattern. As a direct measurement of the electric field in the brain is, at least in 
healthy subjects, not possible at the moment, computational models that numerically 
estimate the TMS induced electric field are widely applied. In the following, we give an 
overview of the computational models used in TMS and the underlying physical principles. 
1.1.1 TMS models 
The physical principle of TMS is based on Faraday's law of induction, that states that a 
changing magnetic field induces an electric field. This primary electric field is the main and 
driving force in TMS. In an inhomogeneous conductor, charges accumulate at tissue 
interfaces that create a secondary electric field. The equation that describes the dynamics of 






with 𝐸�⃑  the induced electric field, 𝐴 the magnetic vector potential from the TMS coil and 𝜑 the 
scalar electric potential caused by charge accumulation at tissue interfaces (Thielscher et al., 
2011). While analytical solutions exist for simple geometries, numerical methods have to be 
employed for more complex geometries like the human brain. The electric field distribution in 
a realistic model is determined by the electric properties of the tissues, which consist of the 
conductivity 𝜎 and the relative permittivity rε . The conductivity 𝜎 determines the ohmic 
current given by Ohm's law 𝐽 =  𝜎𝐸�⃗ , with the current density 𝐽, conductivity 𝜎, and electric 
field 𝐸�⃑ . The capacitive current is proportional to the relative permittivity rε . In the frequency 
range of TMS (1-10 kHz) the tissue can be described as purely resistive, as the ohmic 
current is much larger than currents involving the permittivity (Miranda, 2013). Typically, the 
ratio between the displacement current and the ohmic current is  𝜔𝜖
𝜎
≪ 1 for typical values of 
biological tissues in the frequency range of TMS (Foster and Schwan, 1989): 𝜎 ~ 1 S/m, ε ~ 
10-6 F/m, for a frequency of 5 kHz. Thus, the dielectric properties of the tissue and the low 
frequencies make it possible for the simplifying quasistatic approximation to be used 
(Plonsey and Heppner, 1967). As the electromagnetic wavelength is many orders of 
magnitude larger than the human head, propagation effects can be neglected (Miranda, 
2013). Also, magnetic fields that are produced by electric currents in the brain are not taken 
into account (Miranda, 2013). The quasistatic approximation allows us to decouple the spatial 
and the temporal components of the electric field, thus significantly simplifying the problem.  
The accuracy of TMS simulation results strongly depends on the employed head model. Still 
widely used are spherical models (Roth et al., 1991, Heller and van Hulsteyn, 1992, 
Thielscher and Kammer, 2002, 2004) which remain popular due to their ease of 
implementation and computational efficiency (Salminen-Vaparanta et al., 2012, Nummenmaa 
et al., 2013) as well as their integration in neuronavigation systems (Ruohonen and Karhu, 
2010). More detailed models take into account different tissues like white matter (WM), gray 
matter (GM), cerebrospinal fluid (CSF), skull and skin (Toschi et al., 2008, Salinas et al., 
2009, Chen and Mogul, 2010). These models are based on magnetic resonance (MR) 
images from which the different tissues are segmented. From these segmentations a 
numerical model is created. One of the most popular numerical methods is the finite element 
method (FEM) which was first described for TMS by Wang and Eisenberg (1994). The FEM 
allows a volume to be discretized with small elements on which the electric field can be 
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computed numerically. While hexahedral elements allow an easy implementation from 
segmented MR data, tetrahedral elements are more advantageous to approximate a 
convoluted surface like the cortex (Thielscher et al., 2011). Using a realistic model, it was 
shown that the electric field in GM is strongly dependent on the applied coil orientation 
(Thielscher et al., 2011). When the coil is oriented perpendicular to the cortex, the electric 
field in the gyral crown is enhanced compared to when the coil is oriented in parallel. The 
reason for this effect is that in the first case the current is traversing the highly conducting 
CSF before entering the GM while in the second case only to a smaller extent. This leads to 
an enhancement in the electric field in the lower conducting domain which is due to the 
required current preservation at the tissue interface (Miranda et al., 2003). The coil 
orientation that maximizes the electric field in the motor cortex also coincides with the 
empirically determined optimal coil orientation that results in strongest MEPs. In all these 
models, head tissues were treated as isotropic conductors, meaning that they do not show 
any preferential direction for current flow. However, WM in the brain is clearly anisotropic, 
where conductivities along large fiber bundles are up to ten times higher than perpendicular 
to them (Nicholson, 1965, Ranck and Bement, 1965). An estimate of WM conductivity can be 
achieved with diffusion MRI, as it was shown that the conductivity tensor can be estimated 
from the diffusion tensor (Tuch et al., 2001) because both diffusion and conduction are 
restricted by the same geometrical constraints. The incorporation of conductivity anisotropy 
for TMS simulations, resulted in high electric field strengths being found also in deeper WM 
regions (Opitz et al., 2011). The creation of realistic FEM models is computationally 
demanding and often needs a large amount of manual intervention, thus a widespread 
application is somewhat hampered. However, with increasing amount of automation in the 
model creation, the use of individually realistic FEM models is now feasible with moderate 
time investment (Windhoff et al., 2013). Realistic FEMs show promise to improve the 
targeting accuracy of TMS to optimize stimulation protocols and can also be used in 
conjunction with neuronavigation systems. Furthermore, interindividual variation in the 
response to TMS might potentially be explained by differences in the neuroanatomy between 
subjects. 
So far, these models have not been used in experimental studies. Also validation studies are 
needed to evaluate if their more precise predictions compared to more simplified models, 




These questions were investigated in two projects validating computational models with 
physiological measurements. The results of these two papers are summarized and discussed 
in the following section. 
1.1.2 Summary of TMS studies 
In the first study "Physiological observations validate finite element models for estimating 
subject-specific electric field distributions induced by transcranial magnetic stimulation of the 
human motor cortex" published in NeuroImage, we combined realistic FEM models with 
physiologic MEP measurements. We demonstrate with a theoretical example, how a simple 
projection based approach to determine the stimulation area of TMS is highly volatile towards 
small tilts in the TMS coil. Furthermore, this approach cannot capture effects of coil rotations, 
as the projection point in the brain does not change when rotating the coil. In contrast, our 
FEM approach is robust towards small perturbations in the coil tilt and can accurately 
describe the effects of coil rotations. In a neuronavigated experiment we measured MEPs on 
a 5cm x 5cm grid based on the motor cortex for two different coil orientations. Electric fields 
were computed with individualistic FEM models and a MEP weighted field distribution was 
calculated. It was demonstrated that this new method is able to reliably predict the motor 
cortex as the stimulation area. In a second step, directional electric field components, either 
perpendicular or tangential to the motor cortex in regions that showed strong fMRI BOLD 
effect during a voluntary finger movement task, showed strong correlations with the motor 
evoked potential. Our results show that realistic FEM models can indeed predict the 
physiological response induced by TMS and offer a robust tool to determine the cortical area 
that is subject to stimulation. 
I co-designed the study, collected the MEP data, analyzed all data, created all figures and 
wrote the manuscript. 
 
In a second study "Validating computationally predicted TMS stimulation areas using direct 
electrical stimulation in patients with brain tumors near precentral regions", in press in 
Neuroimage: Clinical, we validated computationally predicted TMS stimulation areas with 
direct electrical stimulation in tumor patients undergoing brain surgery. Motor evoked 
potentials were recorded before surgery on a grid based on the motorcortex as described in 




stimulation area based on the MEP-weighted electric field. In addition, we repeated the same 
computations with a spherical head model. During brain surgery the patients’ motor cortex 
was stimulated with direct electrical stimulation (DES) and MEPs were recorded from the 
same target muscle as during TMS. We show that the predicted TMS stimulation area 
overlaps with the "gold standard" DES stimulation area. With increasing electric field 
strengths the average overlap reaches up to 80%. Realistic FEM models show better overlap 
compared to spherical models, irrespective of the chosen DES region of interest. We 
conclude that realistic FEM models can reliably predict eloquent motor regions even in the 
presence of pathological brain tissue and might be useful in the future for presurgical 
mapping. 
I co-designed the study, collected the TMS MEP data, analyzed all data, created all figures 
and wrote the manuscript. Direct electrical stimulation during surgery was performed by the 






1.2 Transcranial direct current stimulation 
Another method to stimulate the brain in a non-invasive manner is tDCS. TDCS can 
modulate cortical excitability (Nitsche and Paulus, 2000) and shows promise as an 
inexpensive alternative to rTMS to treat certain neurological and psychiatric disorders 
(Paulus, 2011). In its simplest and most common form, two large electrodes (with several cm 
edge length) are attached to the scalp and a weak direct current usually between 1mA - 2mA 
is passed through them for several minutes (Nitsche et al., 2008). Compared to TMS, much 
lower electric fields are employed in tDCS: while for TMS typical electric fields are in the 
order of 100 mV/mm (Miranda et al., 2007, Salvador et al., 2011), electric fields for tDCS are 
only up to 1mV/mm (Datta et al., 2009, Salvador et al., 2010, Miranda, 2013). These low 
electric fields do not lead to action potential initiation but can nevertheless cause 
neuromodulatory effects. In rat cortical pyramidal neurons it was demonstrated that low 
frequency extracellular electric fields can induce neural entrainment by ephaptic coupling 
(Anastassiou et al., 2011). Similar effects have been found in hippocampal slices using 
frequencies from 10-100 Hz (Deans et al., 2007) as well as with pulsed electric fields 
(Francis et al., 2003). Also, evidence was found that electric fields < 0.5 mV/mm can 
influence neural activity in the neocortex (Frohlich and McCormick, 2010, Ozen et al., 2010). 
While most of these in vitro studies used low frequency alternating electric fields, a few 
studies investigated the effect of direct currents. Using electric fields < 4 mV/mm and < 10 
mV/mm changes in spike timing was found in hippocampal slices (Bikson et al., 2004, 
Radman et al., 2007, Reato et al., 2010). The effect of the applied electric field depends on 
its orientation with respect to the neuronal morphology (Radman et al., 2009, Rahman et al., 
2013) further complicating the prediction of which neuronal elements are stimulated. 
Furthermore, due to the convoluted cortex, current flow follows an intricate pattern with 
inflowing and outflowing currents taking place even in the same gyrus (Reato et al., 2013). A 
simplification commonly used in computational models is the "quasi-uniform" assumption 
which states that membrane polarization is linearly proportional to the local electric field 
magnitude (Bikson et al., 2013a). Thus, computational models trying to predict stimulation 
areas typically employ electric field magnitude as a surrogate measure for excitation. 
Nevertheless, electric field direction is an important factor which might explain why certain 
montages are effective and others not, depending on the position of the stimulation 




The electric field during tDCS depends on several anatomical factors which are unique for a 
certain individual. Especially, considering the large interindividual variability in the outcome of 
established tDCS protocols (López-Alonso et al., 2014, Wiethoff et al., 2014), subject specific 
models which might capture certain aspects of the observed variability seem promising and 
have been suggested as a possibility to improve on existing protocols (Bikson et al., 2013b, 
de Berker et al., 2013). Below, existing computational models of tDCS are discussed as well 
as the underlying physical concepts. 
 
1.2.1 TDCS models 
Compared to TMS the underlying equation that describes the electric field in tDCS is simpler: 
𝐸�⃑ = −∇𝜑 
with 𝐸�⃑  the electric field and𝜑 the scalar electric potential (Miranda et al., 2009). The electric 
field is determined by the gradient of the electric potential. At the positions of the electrodes a 
boundary condition is applied, which fixes the potential at a specific value. In a typical tDCS 
stimulator, the potential difference between two electrodes is adjusted such that a certain 
current (e.g. 1mA) is passing through them (current controlled stimulation). Although a large 
overlap exists between FEM models applied in TMS and tDCS, certain differences are 
present that should be discussed. While in TMS the magnetic field passes the skull 
undisturbed and the exact representation of the skull in the model is not of outmost 
importance, in tDCS the skull is, due to its low conductivity, the major obstacle of currents 
reaching the brain and an exact representation is needed for valid results. 
Various different computational models have been employed to study the electric field 
distribution during tDCS, starting with simple spherical models (Rush and Driscoll, 1968, 
Datta et al., 2008) which were useful to study the effects of electrode size on the current 
density. With these models it was shown that the commonly used way to define the dose of 
tDCS, by dividing the stimulation current intensity by the electrode area, is not appropriate for 
keeping current density constant in the brain (Miranda et al., 2009). Later studies used more 
realistic MR-derived head models (Datta et al., 2009, Sadleir et al., 2010, Miranda et al., 
2013) to study the effect of a convoluted brain on the electric field distribution. Effects of 




slightly enhanced in deeper WM structures when taking anisotropy into account (Suh et al., 
2012). The importance of the skull has been investigated in various studies. It was shown 
that gross alterations in skull conductivity caused by skull holes or metal plates can cause a 
significant distortion of the current flow (Datta et al., 2010). The influence of different skull 
layers (spongy bone, compact bone) was studied in various papers (Neuling et al., 2012, 
Rampersad et al., 2013, Wagner et al., 2013). In Rampersad et al. (2013) it was pointed out 
that the mean radial conductivity of the skull over the different layers influences the electric 
field distribution to a big extent. However, these papers either used more simplistic FEM 
models or concentrated on global effects of skull conductivity. Up until now it had not been 
studied how local skull thinnings affect the current distribution in the brain and how 
stimulation areas are influenced by various anatomical factors. We addressed this problem in 
one manuscript which is summarized below, using optimized FEM models for tDCS. 
 
1.2.2 Summary of TDCS studies 
In the study "Anatomical determinants of the electric field during transcranial direct current 
stimulation: Anatomy may overrun electrode placement" we studied how various anatomical 
factors determine the electric field distribution during tDCS. In a highly realistic FEM model 
we studied the most widely used electrode montage to induce motor plasticity. We varied the 
position of the stimulation electrode over the motor cortex in small steps (5mm) over an area 
of 4cm x 4cm. In addition, we investigated the effect of electrode rotations on the electric field 
distribution. Using a multiregression model we quantified the effect of skull thickness, sulcal 
depth and CSF thickness as well as distance to the electrode edge on the electric field 
distribution in a region around the motor cortex. All four factors exhibit a negative relationship 
with the electric field. Taken all factors together, we explain about 50% of the spatial variance 
in the electric field. In a second step we investigated which part in the brain is stimulated 
strongest over all electrode positions. For that we determined the area which was above 80% 
of the maximum electric field in each simulation and computed an "activation index" as the 
ratio of how often a certain brain area was stimulated over all electrode positions. We found 
that certain brain regions were activated in most of the cases, irrespective of exact electrode 
position. They corresponded with overlying skull thinnings which act as pathways for current 




We confirmed our findings in a second subject showing the same effects. In both subjects 
regions of highest electric field strength were located in premotor areas excluding a direct 
excitation of the primary motor cortex. Our findings have clear implications for the practical 
use of tDCS and are also emphasizing the potential importance of individualistic models to 
determine stimulation areas. 
I co-designed the study, performed the simulations, conducted the data analysis and wrote 
the manuscript. An optimized FEM skull model was provided by Axel Thielscher. 
 
1.2.3 TDCS focusing approaches 
Despite the strong dependence of the electric field on anatomical factors several methods 
have recently been proposed to achieve a more focal stimulation with tDCS. In a typically 
employed two electrode montage with large pads, the electric field distribution covers large 
areas of the brain (Miranda et al., 2013). Various attempts have been made to improve the 
focality of transcranial electrical stimulation systems. One possibility is to use a ring-like 
electrode montage with one stimulation electrode in the center and a surrounding return 
electrode (Datta et al., 2008). This was later implemented in practice with one anode and four 
surrounding cathodes spaced a few centimeters apart (Caparelli-Daquer et al., 2012, Kuo et 
al., 2013) and termed high-density tDCS. The basic principle of this electrode montage is that 
the surrounding return electrodes stop the current from flowing outside the stimulation area. 
Although spatially closer electrodes lead to higher shunting of current through the skin, this is 
offset by increased focality in the target region. The principle of high-density tDCS is 
confirmed with modeling as well as physiological data (Edwards et al., 2013). Another even 
more sophisticated alternative is to use an EEG-like electrode array and use a beamforming 
approach to adjust input currents, such that the electric field in a given target region is 
optimized (Dmochowski et al., 2011, Ruffini et al., 2014). It has yet to be experimentally 
tested if multielectrode approaches using optimization techniques can account for 
interindividual differences in anatomy and lead to more reliable results than the most 
commonly used two electrode systems. Focusing approaches are mainly limited to 
superficial brain areas, as the electric field strength drops off with distance to the electrodes. 
In the quasistatic regime it is not possible to focus electric fields in depth (for both magnetic 




This is because the occurring electromagnetic wavelengths (in the range of kilometers) are 
far larger than the structure on which one would like to focus them (in the range of 
centimeters/millimeters). This fundamental physical limitation does not exist for transcranial 
focused ultrasound (Tufail et al., 2010, Legon et al., 2014) with wavelengths in the millimeter 
range that can be employed to stimulate brain tissue in a more focal manner. In a 
homogenous medium, the maximum electric field always occurs at the surface (Heller and 
van Hulsteyn, 1992). Nevertheless, as the head is a heterogeneous conductor, focusing 
effects can occur also in deeper brain structures which are due to the unique conductivity 
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Finite element modelRecent evidence indicates subject-specific gyral folding patterns and white matter anisotropy uniquely shape
electric fields generated by TMS. Current methods for predicting the brain regions influenced by TMS involve
projecting the TMS coil position or center of gravity onto realistic head models derived from structural and
functional imaging data. Similarly, spherical models have been used to estimate electric field distributions
generated by TMS pulses delivered from a particular coil location and position. In the present paper we in-
spect differences between electric field computations estimated using the finite element method (FEM)
and projection-based approaches described above. We then more specifically examined an approach for es-
timating cortical excitation volumes based on individualistic FEM simulations of electric fields. We evaluated
this approach by performing neurophysiological recordings during MR-navigated motormapping experi-
ments. We recorded motor evoked potentials (MEPs) in response to single pulse TMS using two different
coil orientations (45° and 90° to midline) at 25 different locations (5 × 5 grid, 1 cm spacing) centered on
the hotspot of the right first dorsal interosseous (FDI) muscle in left motor cortex. We observed that motor
excitability maps varied within and between subjects as a function of TMS coil position and orientation.
For each coil position and orientation tested, simulations of the TMS-induced electric field were computed
using individualistic FEM models and compared to MEP amplitudes obtained during our motormapping
experiments. We found FEM simulations of electric field strength, which take into account subject-specific
gyral geometry and tissue conductivity anisotropy, significantly correlated with physiologically observed
MEP amplitudes (rmax = 0.91, p = 1.8 × 10-5 rmean = 0.81, p = 0.01). These observations validate the im-
plementation of individualistic FEM models to account for variations in gyral folding patterns and tissue con-
ductivity anisotropy, which should help improve the targeting accuracy of TMS in the mapping or modulation
of human brain circuits.
© 2013 The Authors. Published by Elsevier Inc. All rights reserved.Introduction
Transcranial magnetic stimulation (TMS) is becoming a widely
implemented tool in neuroscience for modulating brain circuit activ-
ity and holds promise for treating some neuropsychiatric disorders
(Lefaucheur et al., 2011; Padberg and George, 2009). The use of TMS
in research and clinical applications has been somewhat limited byerms of the Creative Commons
which permits non-commercial
d the original author and source
earch Institute, Roanoke, VA
blished by Elsevier Inc. All rights revariable outcomes and improvement on its implementation is still re-
quired (Padberg and George, 2009; Wagner et al., 2007; Wassermann
and Zimmermann, 2012). The basic biophysical mechanism of TMS is
that a time-varying magnetic field induces an electric field in brain
tissue (Opitz et al., 2011; Wagner et al., 2006). The resulting electric
field strength and its spatiotemporal distribution are critical factors
influencing the tissue volumes and brain circuits affected by TMS.
Thus, accurate methods for estimating these brain volumes are crucial
for optimizing TMS coil positioning and circuit targeting strategies.
This is especially true when one desires to implement TMS to elicit re-
peatable physiological and behavioral outcomes.
Various strategies have been implemented to predict the brain regions
influenced by TMS. These targeting methods include the use of 10–20
EEG positioning coordinates, group functional Talairach coordinates, orserved.
254 A. Opitz et al. / NeuroImage 81 (2013) 253–264MR-guided neuronavigation systems (Sack et al., 2009). The basic pre-
mise of these targetingmethods is that the volumeof the brain stimulated
resides directly underneath the center of the TMS coil. Hence, TMS coils
are typically positioned such that thedesired targeted cortical area resides
in the direction of the coil axis (Sparing andMottaghy, 2008) and that the
distance from the coil on the scalp to the cortical area is minimized
(Rusjan et al., 2010). Cortical areas stimulated by TMS have also been
predicted by projecting the center of gravity (CoG) measured at the
scalp onto the cortex (Diekhoff et al., 2011; Weiss et al., 2012) or
using spherical models to estimate the electric field distribution
(Salminen-Vaparanta et al., 2012; Thielscher and Kammer, 2002).
These approaches however, do not take into account critical principles
related to tissue specific conductance or boundary effects.
Projection-based methods of TMS targeting rely on the fact that
the magnetic vector potential is maximal directly beneath the center
of the coil for the most widely implemented figure-eight TMS coils.
This is not necessarily the case for the electric field generated by a
TMS pulse however. The electric field (
⇀
E) induced by TMS is composed







A being the magnetic
vector potential and φ being the scalar electric potential. The second
component in the equation occurs due to charge accumulation at tissue
interfaces. Charge accumulation and conductivity differences in tissues
and their borders, for instance skin–skull, skull–cerebrospinal fluid, ce-
rebrospinal fluid–graymatter, and graymatter–whitematter interfaces,
have been shown to introduce significant distortions to electric fields
generated by TMS in the brain (Chen and Mogul, 2010; Salinas et al.,
2009; Thielscher et al., 2011; Toschi et al., 2008). These subject-
specific electric field distortions are not accounted for by either conven-
tional CoG projection approaches or spherical models. Therefore, al-
though these methods have collectively proven useful for estimating
areas of cortex affected by TMS, they can be improved upon. In fact, it
has been recently suggested that finite element modeling approaches
can offer improved estimates of the electric field generated by TMS by
considering distortions unique to an individual (Opitz et al., 2011;
Thielscher et al., 2011; Windhoff et al., 2013).
High-resolution simulations using the finite element method (FEM)
make more specific predictions about the distribution of the electric
field generated by TMS and, compared to spherical models or center
of gravity (CoG) estimations, are thought to provide a more accurate
estimation of the brain volumes affected by it (Opitz et al., 2011;
Thielscher et al., 2011; Windhoff et al., 2013). Since the generation of
FEM simulations are time consuming and simulations using them is
computationally demanding, broad applications of FEM approaches in
clinical neuromodulation and research has been scarce.With increasing
automation in model creation, the use of individualized FEM simula-
tions for predicting brain regions influenced by TMS pulses is becoming
more feasible (Windhoff et al., 2013). However, FEM simulations have
not been validated byphysiological investigations aimed at determining
their functional accuracy. In the present studywe found that individual-
ized FEM simulations can be used to estimate electricfield strengths and
distributions for accurately predicting the excitation volumes generated
by TMS in brain circuits. By comparing our observations to projection-
based and CoG approaches, we further show how FEM simulations of
electric fields can help to improve the spatial targeting accuracy of
TMS by accounting for individual neuroanatomical differences. We an-
ticipate that the broadened implementation of subject-specific FEM
field simulations will result in an increased consistency across observa-
tions when TMS is used to modulate or map brain circuits.
Materials and methods
Subjects
Five participants (3 males, 2 females, ages 23–36, mean 27.6 yr ±
5.5 yr) provided written informed consent to participate in the study.None of the participants reported any history of neurological or muscu-
loskeletal impairment and all were right hand dominant. All procedures
were approved by the Institutional Review Board at Virginia Tech.
Magnetic resonance imaging (MRI)
Functional and anatomical images were collected at Virginia Tech
Carilion Research Institute on a Siemens 3TMRI Trio TIM scanner using a
12 channel head matrix coil. A 3D T1-weighted magnetization-prepared
rapid acquisition gradient echo sequence (MPRAGE) anatomical scan
was acquired for each subject (TR = 2600 ms, TE = 3.02 ms, flip angle
θ = 8°, FOV = 256 × 256 mm, 176 slices, 1.0 mm isotropic resolution,
transverse plane). A 3D T2-weighted (TR = 11,990 ms, TE = 93 ms,
flip angle θ = 120°, bandwidth = 219 Hz/Px, echo spacing = 9.34 ms,
Turbo Factor = 11, FOV = 256 mm × 256 mm, 2 mm isotropic resolu-
tion) sequencewas acquired in the sagittal plane. BOLD images were ac-
quired using gradient-echo echo planar imaging (TR = 2000 ms, TE =
30 ms, flip angle θ = 90°, FOV = 190 mm, 33 slices, slice thickness =
3 mm). An additional higher resolution gradient-echo echo planar imag-
ing sequence (TR = 2000 ms, TE = 30 m, flip angle θ = 50°, FOV =
200 mm × 200 mm, 20 slices, slice thickness = 1.8 mm) was collected
in the transverse plane overlying the motor cortex.
Diffusion-weighted images using a spin echo EPI sequence (TR =
8700 ms, TE = 96 ms, 64 axial slices, voxel size = 2 × 2 × 2 mm3,
GRAPPA acceleration factor 2, 6/8 phase partial Fourier, 2 averages)
with 64 diffusion directions with a b-value 1500 s/mm2 and one
b = 0 s/mm2 image were also acquired.
Behavior
In theMRI scanner, participants were required to perform fourmove-
ments, which included adduction–abduction of their right index finger.
Only the finger movement was used in this study. Movements were
self-paced though encouraged to be performed at about 0.5 Hz unless fa-
tigued. Participantswere familiarizedwith themovements and allowed
to briefly practice outside of the scanner. Movements were performed
in four 40 second blocks interspersed by 40 second Rest blocks. Partic-
ipants were instructed when to engage in volitional movement and
when to rest by visual cues on a projection screen in the scanner.
Transcranial magnetic stimulation (TMS)
On a separate day, TMS motor mapping was conducted using a
MagPro X100 stimulator unit with C-B60 coil (a figure-eight coil hav-
ing a 35 mm inner diameter, 75 mm outer diameter, 11 mm winding
height, and two layers of five windings for each wing of the coil;
MagVenture, Inc., Atlanta, Georgia USA) with a neuronavigation unit
(Visor1, ANT, Netherlands). A 5 × 5 grid (1 cm spacing) was generated
and centered on the empirically identified motor hotspot using custom
Matlab scripts. At each grid point, single biphasic TMS pulses were de-
livered at an intensity of 120% resting motor threshold (RMT) of the
first dorsal interosseous (FDI) muscle. The RMT was determined as the
stimulator output that resulted in 5 out of 10 MEPs of at least 50 μV
peak to peak. Stimulation at each grid point was performed using two
different coil orientations (45° and 90° to midline) during the same
recording session. The current direction in the brain induced by the
biphasic TMS pulse was AP–PA (first phase–second phase) for the 45°
orientation andML–LM for the 90° orientation. The order of orientation
was counter-balanced across subjects. Coil position and orientation
were recorded using the neuronavigation system and transformed to
the coordinate system of the head models.
Motor evoked potentials were recorded using a Biometrics Ltd.
(Ladysmith, Virginia, USA) K800 amplifier and SX230 EMG sensors
(1 cm diameter, 2 cm spacing) placed over the longitudinal axis of
the muscle belly of first dorsal interosseous (FDI). Data were acquired
at 2 kHz using a Digidata 1440A (Molecular Devices LLC, California,
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California, USA), and stored on a computer for later analysis. Average
MEPswere the result of 10 consecutive single biphasic TMS pulses deliv-
ered from a particular coil orientation (45° or 90°) every 1–3 s at each
grid position. A pulsewas delivered only if the coil centerwas positioned
b1 mm from the target grid point as assessed by the neuronavigation
system (Visor1, ANT, Netherlands). MEP amplitudes and latencies were
computed using custom Matlab scripts. MEP maps were generated for
each coil orientation from the averaged MEP amplitudes obtained in re-
sponse to TMS pulses delivered at each grid location.
Finite element models
For each subject we constructed an individualized FEM model of the
head based on their structural MRI and DTI image data. These FEM
models were built using SimNibs as previously described (www.
simnibs.org; Windhoff et al., 2013). Briefly, FEM models consisted of
around 1.7 million tetrahedra. Mesh resolution was selectively en-
hanced in GM and WM regions with an average tetrahedron volume
of 1 mm3. Electrical conductivities were assigned to different tissue
types as previously described (Thielscher et al., 2011) where σskin =
0.465 S/m, σskull = 0.010 S/m, σCSF = 1.654 S/m, σGM = 0.276 S/m,
and σWM = 0.126 S/m. Anisotropic conductivity information derived
from the DTI data were included using a volume normalized mapping
approach as described in Opitz et al. (2011). The vector potential of
the TMS coil was calculated by approximating it with small magnetic di-
poles, which were placed such that they cover the area of the coil as pre-
viously described (Thielscher and Kammer, 2004). For each TMS coil
position and orientation studied, the electric field generated by TMS
was simulated for all subjects.
Data analysis
Functional images were analyzed using FSL Feat (www.fmrib.ox.ac.
uk/fsl; Smith et al., 2004) and coregistration between EPI and structural
images was performed using FSL Flirt (Jenkinson et al., 2002) and Afni
align_epi_anat (Saad et al., 2009).
For each subject and coil orientation, the traditional center of
gravity (CoG) was computed and projected on the brain surface
(Diekhoff et al., 2011) and the Euclidian distances between the 45°
and 90° coil orientation were calculated. Similar to the calculation
of the TMS CoG position an electric field “Center of Gravity” (Ecog)
was calculated by taking an MEP amplitude weighted sum of the elec-
tric field strengths for each node in the mesh over the 25 grid posi-






 , with MEPi the mean MEP
amplitude of position i, MEPtotal the sum of all MEPs and E
→
i
  the ab-
solute electric field strength for position i at the respective node. A com-
bined electric field CoG was computed by multiplying the electric field
CoGs of the 45° and 90° coil orientations. The rationale behind this was
that the functional relevant regions for TMS yield high field strengths
in both orientations and that those areas, which are only co-activated
have high field strengths only for one orientation and not the other.
To examine the effects of coil orientation on MEPs, differences of
MEP latencies and amplitudes obtained in response to TMS pulses
delivered using the same coil position (grid location) for 45° and
90° orientations were calculated. To investigate the influence of the
local gyral anatomy, the curvedness of the individual hand knob region
was estimated by taking the median over the curvedness of the trian-
gles approximating its shape. The hand knob region was determined
by transforming amask drawn inMNI space back to the individual sub-





, with k1 and k2
displaying the principal curvatures (Pienaar et al., 2008).The perpendicular component of the electric field (E⊥) at the cere-
brospinal fluid–gray matter (CSF–GM) interface in M1 was calculated




was the electric field and ⇀n was the normal
vector of the triangle. In addition, the tangential component of the





 . Only regions
having a BOLD contrast z-score for movement versus rest >2.3 during
voluntary movement of the index finger were taken into account.
Similarly the component of the electric field in direction of the first
eigenvector of the diffusion tensor at the gray matter–white matter
(GM–WM) interface in primary motor cortex (M1) was computed
as EDjj ¼ E
→
⋅⇀V1 , where E
→
was the electric field and
⇀
V1 was the first
eigenvector of the diffusion tensor. Furthermore, the perpendicular






The relationship between the electric field strength in M1 and
MEP amplitude was tested with a linear regression model:
MEPi e E⊥ i þ Ejj i þ EDjj i þ ED⊥ i, with the dependent variable MEPi
set to the meanMEP amplitude of grid point i, the explanatory variable
E⊥i is equal to themean perpendicular component of the electric field in
M1,Ejj i themean tangential component of the electric field inM1,EDjj i, is
themean electric field in principal diffusion direction inM1 andED⊥ i the
mean electric field component perpendicular to the principal diffusion
direction in M1 for grid point i, respectively. Only grid points with a re-
liable mean MEP value > 50 μV were taken into account. Regression
models were calculated for each subject and coil position separately.
To analyze the effect of coil orientation on MEP amplitude and latency,
separate two-tailed t-tests were used. The MEP hot spots were empiri-
cally derived as the grid location having the highest mean MEP ampli-
tude in response to TMS. The location of this hot spot differed for
subjects across coil angles. In some cases, the MEP amplitudes and la-
tencies obtained at these hot spots were compared between subjects.
To further study the influence of coil orientation on an individual
basis, MEP amplitudes were collapsed across the grid and compared
within subjects between coil orientations using paired t-tests. All data




We examined fMRI BOLD contrast maps (finger movement > rest)
for volitional right index finger abduction. All subjects exhibited robust
BOLD activations at the crown of the left precentral gyrus (z > 2.3) that
extended deep along the anterior bank of the central sulcus (Fig. 1A)
consistentwith previous observations (Porro et al., 1996). For each sub-
ject, BOLD volumes of the precentral gyrus that exceeded statistical
threshold (z > 2.3) were used as regions of interest for examining elec-
tric fields induced by TMS.
Comparison of simulation results obtained with finite element and
projection models
We used computer simulations to examine how tilting or rotating
the TMS coil would influence the spatial distribution of brain targets
and contrasted the results obtained using projection-based approaches
with those from FEMmodels. In these simulationswe varied the coil tilt
angle by changing its elevation from−30° to+30° in 10° increments at
a single grid location. Similarly we modeled the influence of TMS coil
orientation by changing its angle with respect to the midline in steps
of 45° from 0° to 135°. For each TMS coil condition modeled, we
projected the center point of the coil onto the cortical surface using con-
ventional targeting methods (Fig. 1B). We also simulated the electric
field using the FEM for each TMS coil condition (Fig. 2). From the simu-
lation data, we calculated the Euclidian distances from the projected
Fig. 1. Magnetic resonance imaging exposes individualistic structural and functional data for hand knob regions of the precentral gyrus. A, a coronal (left), sagittal (middle), and
transverse (right) slice showing BOLD contrast signals (threshold z > 10) obtained in response to volitional index finger abduction on a T1-weighted image for an individual.
The hand knob region of primary motor cortex (M1) was activated by this behavioral task (white arrows indicate central sulcus; CS). B, data from the projection approach targeting
method and the influence of changes to coil elevation (tilt) are shown. A TMS coil is shown at varied tilt axes ranging from −30° to 30° (left) along with the predicted jitter in
cortical stimulation targets obtained by projecting the coil centers on the cortical surface (right).
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angle, as well as relative changes in the absolute electric field strength.
We observed displacements ranging from 5 to 20 mm between
the projection point of the CoG on the cortex and the center point
of the coil on the scalp when changes to the elevation (tilt) of TMS
coils were modeled (Fig. 1B). Rotation of the coil orientation angle also
produced small fluctuations in the distribution of the magnetic vector
potential on the scalp (Supplementary Fig. 1). Using projection-based
approaches we observed that spatial shifts with respect to the brain
areas affected by TMS were more prominent when coil elevation was
varied compared to rotation of the coil (Fig. 1B and Supplementary
Fig. 1). Interestingly, FEM models predicted somewhat of the opposite
where changes to TMS coil rotation would produce more robust shifts
of the electric field compared to those elicited by changing the coil ele-
vation. Here changes to the elevation of the coil produced less than 2% of
an effect on the spatial distribution of the relative electric field (Fig. 2A),
whereas rotation of the TMS coil elicited shifts in distribution of the
relative electric field by 23.7 ± 9.6% per 45° change (Fig. 2B).
The above comparisons show that electricfield distribution is strongly
influenced by coil rotationwhile the projected point of the coil center re-
mains relatively stable since the coil axis does not change with rotation.
Thus, projection approaches do not appear sensitive enough to capture
differences in the regions of brain affected by changes to the orientation
angle of the TMS coil (Supplementary Fig. 1B). To further examine this
issue, we analyzed neurophysiological data obtained while recordingchanges in motor evoked potentials (MEPs) in response to TMS pulses
delivered at varied, MR-targeted spatial positions using two different
coil orientations in volunteer subjects.
Motor evoked potential variability stemming from stimulator coil position
and orientation
Although several observations indicate otherwise (Balslev et al.,
2007; Fox et al., 2004; Opitz et al., 2011; Thielscher et al., 2011), it is gen-
erally accepted TMS coils should be positioned 45° relative to themidline
to achieve optimal stimulation of motor cortex (Brasil-Neto et al.,
1992; Mills et al., 1992). We stimulated 25 discrete locations over
the cortex using a 5 × 5 (1 cm spacing) grid centered on the FDI hotspot
using two different coil orientations (45° and 90° to the midline; Fig. 3).
There were no significant effects of coil orientation angle on the
mean latencies of FDI motor evoked potentials (MEPs) across individuals
(N = 5; t(4) = 1.54, p = 0.20; 45° MEP latency = 32.40 ± 0.77 ms,
90° MEP latency = 32.01 ± 1.37 ms; Fig. 4A). There was not a signifi-
cant difference of the mean MEP amplitudes between subjects in
response to the 45° and 90° coil orientations (t(4) = 0.92, p = 0.41;
45° FDI MEP = 897.80 ± 257.70 μV versus 90° FDI MEP = 805.40 ±
435.31 μV) likely due to a high degree of inter-individual variability.
Within subject comparisons however showed that some individuals
responded more robustly to one TMS coil orientation versus another.
For example, some individuals exhibited larger MEP amplitudes in
Fig. 2. The TMS-induced electric field in the brain is more prominently affected by
changes in coil rotation than coil tilt. A, finite element models reveal that tilting the
coil in 10° steps produces a slight anterior–posterior shift in the spatial extent in the
electric field as shown. B, modeling rotations of the TMS coil in 45° increments indicated
more robust changes in the location of the peak electric field, as well as to its spatial dis-
tribution compared to changes in coil elevation. Gyri with high field strengths are deter-
mined through the direction of the current flowwith respect to the individual gyrification.
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to a 45° coil orientation while other volunteers displayed the opposite
(Fig. 4A). These differences were significant for all individuals (paired
t-test, p b 0.01) where two subjects (Subjects 4 and 5) exhibited signifi-
cantly largerMEP amplitudes across the stimulation grid in response to a
90° coil angle and three subjects (Subjects 1–3) had significantly larger
MEP amplitudes in response to a 45° coil angle (Figs. 4A and 5). These dif-
ferenceswere unlikely due to a spatial jitter of coil orientation or position
since the mean coil angle typically varied b 0.5° while its mean position
varied on average b 1 mm from trial-to-trial (Fig. 4B). Since FEM simula-
tions have recently indicated that gyral curvature influences the distribu-
tion of the electric field induced by a TMS pulse (Opitz et al., 2011), we
next aimed to determine how the shape of the hand knob region of M1
influences MEP variability.
Gyral curvature influences transcranial magnetic stimulation efficacy
The shape and curvature of the hand knob region of M1 vary across
individuals. Approximately 90% of individuals have a hand knob shape
described by an inverted omega (“Ω”), while the remaining 10% of indi-
viduals have an epsilon-shaped (“ε”) hand knob (Caulo et al., 2007;
Yousry et al., 1997). We thus questioned how the shape of the hand
knob with respect to TMS coil orientation angle influences MEP ampli-
tudes observed across the stimulus grid.We observed that subject's hav-
ing a hand knob shaped like an inverted omega responded preferentiallyto a 45° coil angle while one subject having a hand knob shaped like an
epsilon responded preferentially to a 90° coil angle (Fig. 5).
In order to make a more quantitative assessment of the observa-
tion described above, we calculated the curvature of the hand region
of M1 for subjects (Fig. 6A). We then compared the median curvature
of individual subject's hand knobs against the difference of their MEP
amplitudes evoked at 45° and 90° coil angles across the stimulus grid.
We observed an inverted-u-shaped relationship between hand knob
curvature and coil orientation preference where subject's having either
weakly curved (b0.22) or strongly curved (>0.25) hand knobs exhibited
larger MEP amplitudes in response to a 90° TMS coil orientation angle
while subjects with median curvatures > 0.22 and b 0.25 exhibited
larger FDI MEP amplitudes in response to TMS pulses delivered from a
45° coil angle (Fig. 6B).
Finite element model simulations of electric fields correlate with
physiological observations
Our simulations revealed that electric field distributions in GM
and WM vary as a function of the orientation angle of the TMS coil
and gyral curvature (Fig. 6C; Supplementary Figs. 2 and 3). Convolving
the Ecog modeled for 45° and 90° coil angles clearly revealed M1 as the
primary targeted area irrespective of coil orientation (Fig. 6D). The
spatial distribution of the electric field itself however, changed quite
dramatically as a function of TMS coil angle. Consistent with recent
observations (Opitz et al., 2011; Thielscher et al., 2011), our models in-
dicated that gyri oriented perpendicularly to electric current flow expe-
rience high electric field strengths. Our FEM models showed that gyri
neighboring M1 experienced high field strengths if they were oriented
perpendicularly to the direction of current flow generated by a particu-
lar TMS coil angle (Supplementary Figs. 2 and 3). These data illustrate
that the direction of current flow with respect to gyral orientation is a
key factor for determining the electric field strength generated by TMS
pulses. Providing an initial physiological validation of FEM approaches
to estimating electric fields elicited by TMS pulses, our modeling obser-
vations are in good agreement with our physiological results where FDI
MEP amplitudes varied as a function of coil orientation angle (Figs. 4A
and 5B) and hand knob curvature (Fig. 6B).
Our FEM results indicated that TMSpulses can induce a robust Ecog in
gyral crowns, as well as deeper in the WM regions of brain tissue
(Fig. 6D). These FEM data suggest that electric fields generated in re-
sponse to TMS pulses might be able to activate different neuronal pop-
ulations located in those areas of high field strength. Further, the results
are consistentwith fMRI BOLD signals observed in response to volitional
index finger abduction (Figs. 7A, B). We found the mean perpendicular
component of the simulated electric field generated in M1 to be closely
related toMEP amplitudes observed in response to a TMS pulse (Fig. 8).
A similar pattern emerged for the relationship between the electric field
in principal diffusion direction of whitematter and theMEP amplitudes
recorded during our TMSmotormapping studies (Fig. 8).While thefield
strength of the mean tangential component and the component per-
pendicular to the principal diffusion direction had higher electric field
values, their relationship to the MEPs was similar compared to the
other two components (Fig. 8). Finally, there were significant correla-
tions for the regression of the MEP amplitudes against the four electric
field components at M1 for each subject's preferred coil orientation in
four out of five subjects (S). The Pearson's r and p-values for these cor-
relations were as follows: S1 r = 0.82, p = 0.0014; S2 r = 0.91, p =
1.8 × 10-5; S3 r = 0.70, p = 0.052; S4 r = 0.83, p = 3.7 × 10-4; and
S5 r = 0.80, p = 0.0048.
Discussion
Measuring MEPs elicited by TMS of the motor cortex represents
one of the most commonly employed “biomarkers” for quantifying
the effects of a variety of neuromodulation strategies on plasticity.
Fig. 3. Transcranial magnetic stimulation of the motor cortex using 45° and 90° coil orientation angles can be used to develop individual motor excitability maps. A, a 5 × 5 stim-
ulation grid (1 cm spacing) is shown centered over the FDI hotspot on a head model for an individual (left). Two different views illustrate a model of the TMS coil positioned at 45°
(top) and 90° (bottom) over the motor cortex. B, FDI motor excitability maps generated by stimulating 25 points across the grids shown in (A) using a 45° (top) and 90° (bottom)
coil angle are illustrated for an individual. Medial (M), posterior (P), anterior (A), and lateral (L) anatomical orientations of the motor excitability map are indicated. Each
pseudo-colored square illustrates the mean FDI motor evoked potential (MEP) amplitude obtained in response to 10 stimuli delivered using TMS pulses at 120% of the motor
threshold over every point of the grid. For both coil orientations, individual MEP responses (N = 10) are shown for the FDI hotspot identified using a conventional 45° coil angle.
Fig. 4.Motor evoked potential amplitudes vary across individuals as a function of TMS coil orientation angle. A, the scatterplot on the left illustrates the mean latency in milliseconds
of FDI MEPs elicited using a 90° (x-axis) and 45° coil angle (y-axis) from the same grid location per subject (indicated by color). The scatterplot on the right illustrates mean max-
imum normalized FDI MEP amplitudes obtained in response to TMS trials each for a 90° (x-axis) and 45° coil angle (y-axis) at every one of the 25 stimulus grid locations for each
subject (indicated by color). Data points falling above the sloped line represent stimulus grid locations which produced larger FDI MEP amplitudes using a 45° TMS coil orientation
and data points below the sloped line represent stimulus sites producing larger FDI MEP amplitudes using a 90° coil angle. Some subjects had a majority of their stimulus sites
exhibiting larger FDI MEP amplitudes produced by a 45° coil angle (Subjects 1–3) while other subjects exhibited the opposite (Subjects 4,5). B, mean frequency distributions illus-
trating the spatial jitter of coil placement across all grid positions (N = 25) and orientations (N = 2) for all subjects (N = 5).
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Fig. 5. Individual hand knob shape influences the preferred TMS coil orientation angle for obtaining maximal FDI excitation. A, volume-rendered three-dimensional reconstructions
of structural MRI data indicating the hand knob region (red square) of the precentral gyrus are shown for three subjects (left). On the right, higher magnification images of the hand
knob region (red square) are shown superimposed with the orientation of the two coil angles (45° and 90°) used to map the excitability of the FDI muscle across the stimulus grid.
Note that the top two panels show subjects having inverted omega (Ω) shaped hand knobs while the subject shown in the bottom panel has an epsilon (ε) shaped hand
knob. B, pseudo-colored motor excitability maps illustrate the mean FDI MEP amplitudes in microvolts (μV) in response to 10 stimulation trials delivered at each location
across the stimulus grid with a 45° (left) and 90° (right) TMS coil angle. Note that the individuals possessing an inverted omega shaped hand knob exhibit a marked decrease in the
FDI MEP amplitudes across the grid for a 90° versus a 45° coil angle, while the individual possessing an epsilon shaped hand knob displayed the opposite relationship.
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continue to suffer from variable outcomes. Minimizing this variability
can likely be achieved by increasing our understanding of how to
more accurately, consistently, and reliably target brain circuits with
TMS. Therefore we investigated the influence of inter-individual neuro-
anatomical characteristics like handknob curvature and procedural var-
iables like TMS coil orientation angle, which both affect physiological
responses to TMS. We observed that traditional projection-based
targeting methods do not sufficiently account for the above anatomical
and procedural variables. Using FEM simulations of the TMS-induced
electric field to more adequately account for anatomical and procedural
variables, in the present study,we found that the strength of themodeled
electricfield inM1 significantly correlatedwithMEP amplitudes on an in-
dividual basis. These findings validate the use of FEM simulations as a
more reliable approach to subject-specific TMS targeting compared to
projection-basedmethods. Our observations further indicate the optimal
coil orientation angle used during TMS studies or treatments can be pre-
dicted using FEM simulations and should be based upon an individual's
specific gyral folding patterns and tissue conductivity anisotropy.Spherical models predict electric field strengths at gyral crowns
that remain spatially stable across varied TMS coil orientation angles.
Conversely, FEM simulations indicate that electric field distributions
experience prominent spatial shifts when the TMS coil orientation
angle changes (Thielscher et al., 2011; Supplementary Figs. 2 and 3).
Consistent with the predictions made by these FEM simulations, our
physiological observations indicate that the efficacy of TMS depends
mainly on coil angle (Fig. 5)with respect to the orientation and curvature
of an individual's gyri (Fig. 6). Additionally, the strength and shape of the
TMS-induced electric field are dependent on specific brain tissue electri-
cal properties, which cannot be captured by spherical models or projec-
tion approaches. Thus compared to these conventional projection-based
predictions, we conclude that FEM simulations of the electric field repre-
sent a more precise estimate of brain regions targeted by TMS. While
these FEM-simulated electric field distributions do not predict discrete
cellular points of stimulation, their more realistic estimation of the
brain regions impacted should enable us to more confidently unravel
the biophysical mechanisms of action underlying the ability of TMS to
modulate brain circuit activity.
Fig. 6. Motor evoked potential amplitudes and electric field distributions are differentially affected by gyral curvature across individuals. A, a pseudo-colored image displaying the
curvedness of one subject's inverted omega hand knob is shown. B, a scatterplot shows the normalized FDI MEP amplitude differences (y-axis) obtained between the 45° and 90°
coil angles as a function of the median curvedness of individual subject's hand knob regions (x-axis) A second order polynomial was fitted (r2 = 0.91, p = 0.086) to the MEP dif-
ferences and the curvedness. C, normalized electric field strengths (E/Emax) of the electric field center of gravity (Ecog) distribution simulated using individualistic finite element
models for two subjects having differently shaped hand knob regions (white square; inverted omega shaped shown in top panels and epsilon shaped hand knob shown in bottom
panels) are shown for the 45° (left) and 90° (right) coil orientation angles used to elicit FDI MEPs across the stimulus grid. D, the overlapping Ecog field distributions simulated using
FEM models for the 45° and 90° TMS coil orientation angles are shown in a whole-head view (left) and a coronal cut-away view (right). Note that the combined Ecog reliably in-
dicates M1 as the activated region. This is not a trivial effect as electric fields vary strongly over different coil positions (see Supplementary Figs. 2 and 3).
260 A. Opitz et al. / NeuroImage 81 (2013) 253–264Possible limitations of our study are that while different conduc-
tivity domains are determined individually, fine scale differences in
conductivity within an individual (for example, within GM or WM)
are not presently taken into account. Such differences do not change
our interpretations since it has been demonstrated that slight changes
in conductivity between domains do not significantly alter the electric
field distribution (Thielscher et al., 2011). Similarly, Opitz et al. (2011)
recently demonstratedmodeling results are stable for different conduc-
tivity mapping approaches. Gross alterations in tissue conductivity
under pathological conditions like stroke however can induce distor-
tions and alter the spatial distribution of the electric field induced by
TMS (Wagner et al., 2006). In our study we used healthy participants,
so potential consequences of pathologies are unlikely. Future studies
may wish to consider the variability of intra-individual tissue conduc-
tivity when implementing TMS across individuals of different ages or
disease states. An additional potential source of error in our study
could be related to the placement and recording of TMS coil positions
using the neuronavigation system. While the jitter at each coil position
was generally 1 mm or less, the algorithms mapping these recordedpositions toMRI coordinates have a limited resolution resulting inmea-
surement inaccuracies of about 3–5 mm (Ruohonen and Karhu, 2010).
It is unlikely that thesemeasurement inaccuracies exceed the 1 cm grid
spacing employed in our mapping strategy and thus we feel confident
in our ability to reliably distinguish individual grid positions.
In the present study we chose to implement biphasic pulses since
they are known to have lower thresholds for generating MEPs com-
pared to monophasic pulses (Kammer et al., 2001). The physics of
TMS falls in the quasistatic domain, so the spatial and temporal do-
mains can be decoupled from one another. In our study we deliber-
ately focused on the spatial distribution of the electric field which is
the same for both mono- and biphasic pulses. With respect to the
temporal domain there are several timescales which need to be con-
sidered. One relates to the mechanisms of action underlying the acti-
vation or suppression of neuronal populations by a single TMS pulse,
which is briefly discussed below. Another relates to physiological
plasticity and how repeated spaced TMS pulses affect neuronal excit-
ability across time (milliseconds to hours). Based on observations by
others regarding pulse parameters required to induce plasticity on
Fig. 7. Relationship of the electric field center of gravity, BOLD signal and perpendicular and tangential component of the electric field in gray and white matter. A, the fMRI BOLD
contrast signal obtained in response to volitional index finger movement is shown at the left for one subject. On the right the calculated Ecog is shown for the same subject. B, the
fMRI BOLD contrast signal in (A) is shown at a higher magnification (top) and the MEP weighted perpendicular electric field (Ef-perpendicular, upper left) and the MEP weighted
tangential electric field (Ef-tangential, upper right) in gray matter. The MEP weighted electric field along the principle direction of diffusion (Ef-DTI-parallel, lower left) and the MEP
weighted electric field perpendicular to the principle diffusion direction (Ef-DTI-perpendicular, lower right) in white matter are shown for the same subject. Cool colors indicate
low electric field strengths or BOLD signals and warm colors indicate high electric field strengths or BOLD signals. The sizes of the spheres shown are scaled by field strength,
where larger spheres indicate higher electric field strengths. Electric fields in gray and white matter are scaled to the same maximum, respectively.
261A. Opitz et al. / NeuroImage 81 (2013) 253–264long timescales (minutes to hours; Ziemann et al., 2008), the low
number of TMS pulses delivered to any one grid location was not likely
to elicit robust long-lasting plasticity in our study. Perhaps a limitation
to our study however, we used single pulse TMS having inter-trial
intervals b 3 s. Since TMS-evokedMEP amplitudes have been described
to be affected to varying degrees when using an inter-trials b 10 s
(Chen et al., 1997; Julkunen et al., 2012; Pascual-Leone et al., 1994),
we cannot exclude the possibility that short-term plasticity may have
influenced some of our observations. As fundamental properties of
brain circuitry any such short-term physiological plasticity would likelybe due to conventional synaptic mechanisms, such as receptor satura-
tion, receptor trafficking, changes in channel gating kinetics, synaptic
vesicle pool depletion, and dynamic regulation of neurotransmitter re-
lease probability, which have all been well-studied at corticocortical
and corticothalamic synapses between pyramidal neurons, interneu-
rons, and thalamic relay neurons (Sanes and Donoghue, 2000;
Thomson, 2003; Zucker and Regehr, 2002). It is nearly impossible to de-
termine which, if any, of these aforementioned mechanisms may have
contributed to the trial-to-trial MEP variability we observed since it is
not known with any certainty to what degree specific neuronal
Fig. 8. Scatterplots illustrating raw MEP amplitudes correlate with the strength of the perpendicular (A) and tangential component (B) of the electric field in gray matter and the
parallel (C) and perpendicular (D) component of the electric field in direction of the principal diffusion in white matter. Field strengths (V/m) are shown for a rate of change of
current flow in the coil of 1 A/μs.
262 A. Opitz et al. / NeuroImage 81 (2013) 253–264elements are affected by the electric field induced by TMS. Future stud-
ies should however begin driving towards using high-resolutionmodel-
ing to investigate how different time components of electric fields
mediate physiological outcomes (including plasticity) induced by TMS
across different timescales. This is a difficult but important and seem-
ingly tractable problem if simulations can include faithful models of
neuronal and synaptic populationswhich react differently to time vary-
ing pulse shapes and sequences. Such studies should shed light on the
temporal behavior of TMS-induced electric fields while more accurately
detailing the mechanisms of action across different embodiments of
TMS.One of the main objectives of the present study was to compare and
contrast neurophysiological observations with the results from FEM
simulations of TMS-induced electric fields. Comparisons of TMS CoG
with the fMRI BOLD CoG have been recently reported (Diekhoff et al.,
2011). Using similar approaches we found fMRI BOLD signals in re-
sponse to voluntary index finger movement to be localized to primary
motor and, of course, premotor and supplementary motor cortex. Com-
paring the fMRI BOLD CoGwith the TMS-induced electric field center of
gravity (Ecog), we found that the TMS-induced electric fields were
concentrated on the primary motor cortex, as well as surrounding gyri
during motormapping. Further, we found the normal component of
263A. Opitz et al. / NeuroImage 81 (2013) 253–264themodeled electric field in these regions to be correlatedwith the am-
plitudes of TMS-elicitedMEPs (Fig. 8A). An underlying physiological ex-
planation might be that a current flowing perpendicular to a gyrus is
optimally oriented to directly activate pyramidal neurons, which are
mainly oriented horizontally in the sulcalwall. This interpretation is fur-
ther supported by a correlation of the electric field strength along the
principal diffusion direction of white matter and the MEP amplitudes
(Fig. 8C), since the principal diffusion direction estimates a first-order
approximation of the direction of the axons and high field strengths in
this direction is a prerequisite for eliciting action potentials (Roth and
Basser, 1990). On the other hand, the tangential component of the elec-
tric field at the GM/CSF interface also correlated with the MEP ampli-
tudes (Fig. 8B). Perhaps best explained by a high intercorrelation with
the tangential electric field at the GM/CSF interface, the component of
the electric field perpendicular to the principal diffusion direction was
similarly correlated with MEP amplitudes (Fig. 8D). At the top of the
gyrus (GM/CSF interface), the tangential electric field is the predominant
component and more directly supports hypotheses regarding the indi-
rect trans-synaptic activation of pyramidal tract neurons via interneuron
stimulation by TMS (Di Lazzaro and Ziemann, 2013). Yet from our obser-
vationswe cannot reliably conclude a predominant site of action for TMS
in evokingMEPs. Our results rather illustrate that the TMS-induced elec-
tric field magnitude explains approximately two-thirds of the MEP vari-
ability obtained acrossmotormapswithout specifying a particular site of
action. Moreover, different mechanisms of action underlying the effects
of TMS are still being debated (Salvador et al., 2011). By expanding
combined observations made during physiological studies with individ-
ualized FEM simulation results however, we anticipate that advances in
deciphering the mechanisms and sites of TMS action can be made in
the near future.
Understanding the biophysics underlying TMS remains a difficult
challenge and many factors determine how brain circuits are affected.
Compared to traditional projection-based methods, we have shown
that individualized computational physiology approaches employing
FEM simulations of electric fields can better account some of the vari-
ables influencing physiological responses to TMS. By streamlining com-
putations and processes for visualizing electric fields estimated by FEM
models, the potential of TMS in research, diagnostics, and therapeutics
should improve. For example, FEM simulationswill enable the develop-
ment of specific approaches intended tomaximize the effects of TMS on
targeted brain circuits in individuals. In conclusion our observations
show that such personalized FEMmodels for targeting TMS are justified
given the unique features of our individual brains.
Supplementary data to this article can be found online at http://
dx.doi.org/10.1016/j.neuroimage.2013.04.067.
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a b s t r a c t 
The spatial extent of transcranial magnetic stimulation (TMS) is of paramount interest for all studies employ- 
ing this method. It is generally assumed that the induced electric field is the crucial parameter to determine
which cortical regions are excited. While it is difficult to directly measure the electric field, one usually relies
on computational models to estimate the electric field distribution. Direct electrical stimulation (DES) is a 
local brain stimulation method generally considered the gold standard to map structure–function relation- 
ships in the brain. Its application is typically limited to patients undergoing brain surgery. In this study we
compare the computationally predicted stimulation area in TMS with the DES area in six patients with tumors 
near precentral regions. We combine a motor evoked potential (MEP) mapping experiment for both TMS and 
DES with realistic individual finite element method (FEM) simulations of the electric field distribution during 
TMS and DES. On average, stimulation areas in TMS and DES show an overlap of up to 80%, thus validating
our computational physiology approach to estimate TMS excitation volumes. Our results can help in under- 
standing the spatial spread of TMS effects and in optimizing stimulation protocols to more specifically target 
certain cortical regions based on computational modeling. 
c © 2014 The Authors. Published by Elsevier B.V. on behalf of Federation of European Biochemical Societies. 
This is an open access article under the CC BY license 
( http: // creativecommons.org / licenses / by / 3.0 / ).  
. Introduction 
Since its introduction ( Barker et al., 1985 ) transcranial magnetic 
timulation (TMS) became a widely used tool in cognitive and clinical 
euroscience to interfere with ongoing brain activity. TMS works by 
pplying a temporally changing magnetic field through a magnetic 
oil placed on the scalp, thus inducing an electric field in the brain 
 Barker et al., 1985 ; Opitz et al., 2011 ). This electric field acts upon 
euronal structures in the brain and can lead to the initiation of ac- 
ion potentials that can for instance result in a motor evoked potential 
MEP) when stimulating the motor cortex. The application of repet- 
tive TMS protocols has been shown to be able to excite or inhibit a 
ertain brain region over a time period of several minutes up to an 
our and can induce long term potentiation (LTP) and long term de- 
ression (LTD) like effects ( Fitzgerald et al., 2006 ). In cognitive studies, 
MS is used either to interfere with neural circuits in a temporal pre- 
ise manner which was called a “virtual lesion” ( Pascual-Leone et al., 1 These authors contributed equally. 
* Corresponding author. 
E-mail address: alexander.opitz@med.uni-goettingen.de (A. Opitz). 
213-1582/ $ - see front matter c © 2014 The Authors. Published by Elsevier B.V. on behalf of 
C BY license ( http: // creativecommons.org / licenses / by / 3.0 / ). 
ttp://dx.doi.org/10.1016/j.nicl.2014.03.004 1999 ) or to induce longer lasting effects on neuronal activity in a spe- 
cific area to study its effect on a certain behavior. For all these applica- 
tions, the spatial specificity of TMS is of major importance and great 
efforts are employed to accurately target the intended brain area, e.g. 
by using a neuronavigation system. However, it is still unclear how 
large the stimulated area is. To what extent does the induced electric 
field spread to other brain regions and how can one determine the 
brain area that causes the functionally relevant effect? For brain ar- 
eas other than the motor or visual cortex there is no direct functional 
output of the strength or efficacy of the stimulation and therefore, the 
motor cortex often serves as a brain region for testing and validating 
stimulation protocols. It is assumed that the findings concerning the 
mechanisms of action of stimulation observed at the motor cortex 
are valid, at least partially, for other brain areas as well. The site of 
stimulation of TMS was explored in many different ways by combin- 
ing TMS motor mapping experiments with PET ( Wassermann et al., 
1996 ) or fMRI ( Diekhoff et al., 2011 ; Terao et al., 1998 ; Weiss et al.,
2012 ). Recently, studies were combining these methods with compu- 
tational modeling of the electric field distribution using realistic finite 
element method (FEM) models. These models make specific predic- 
tions about the electric field distribution in the brain during TMS and 
might be useful in determining stimulation areas ( Thielscher et al., Federation of European Biochemical Societies. This is an open access article under the 








































































































2011 ). In a recent study by Opitz et al. (2013) it was shown that com-
putationally simulated electric fields were able to predict more than
50% of the variance of the physiological response in a motor mapping
experiment. Furthermore, the combination of physiological MEP data
with the modeled electric fields was able to estimate the stimulation
area in brain. As the electric field is usually not restricted to a single
gyrus but extends to the neighboring gyri as well ( Opitz et al., 2011 ;
Thielscher et al., 2011 ), it would be interesting to know which part of
the stimulation area is functionally relevant or what is the threshold
necessary to cause a stimulation effect. 
One of the most straightforward methods to establish a structure–
function relation in the brain is direct electrical stimulation (DES).
Already applied nearly 150 years ago by Fritsch and Hitzig (1870) and
later by Ferrier (1876) and Penfield and Boldrey (1937) it was used
to establish a detailed somatotopic map of the human cortex. Today,
DES is still used to investigate motor behavior, language and cognition
( Desmurget et al., 2009 ; Desmurget et al., 2013 ). However, its status
as a gold standard for mapping brain functions is not unchallenged
because of its complex and sometimes even opposite effects at the
same stimulation site ( Borchers et al., 2012 ). In neurosurgery DES is
widely used to map eloquent motor areas before tumor resection near
the precentral gyrus, so that brain tissue crucial for motor control can
be preserved during surgery. In many studies, DES has been compared
to TMS to test if eloquent motor areas can also be reliably predicted
with TMS ( Krieg et al., 2012 ; Picht et al., 2011 ; Vitikainen et al., 2013 )
or fMRI ( Forster et al., 2011 ) in a noninvasive manner. Similar ap-
proaches are also employed for language mapping ( Sollmann et al.,
2013 ; Tarapore et al., 2013 ). These studies provided valuable insights
into the prediction accuracy of TMS for neurosurgical guidance ( Picht
et al., 2012 ) and established TMS as a useful tool for presurgical plan-
ning. However, the capability to precisely determine stimulated brain
areas with TMS in these studies is limited as they are largely relying
on either spherical models or projection based approaches to deter-
mine the stimulation area of TMS. It has been shown theoretically
that these approaches are not able to capture important determining
factors of TMS such as brain gyrification or coil orientation and tilts
( Opitz et al., 2013 ; Thielscher et al., 2011 ). 
In this study, we use individualistic high resolution finite element
modeling for both TMS and DES to explore the spatial extent of the
TMS effect in the brain and show how the combination of TMS with re-
alistic FEM computational modeling can be a powerful tool to nonin-




Six patients (3 men, 3 women, ages 44–79, mean 63.5 years, all
right handed) with tumors in the vicinity of the motor cortex were
included in the study. Five of the six patients suffered from spread-
ing metastasis from a primary lung tumor. The other patient had an
astrocytoma glioblastoma. Written informed consent was obtained
before the study. All study procedures were approved by the ethics
committee of the University Hospital G ̈ottingen. 
3. Magnetic resonance imaging 
MR images were acquired at 3 T (Magnetom Trio, Siemens Med-
ical Solutions, Erlangen, Germany) using an eight-channel head coil.
Images were acquired mainly for diagnostic purposes including a T1-
weighted image (MPRAGE, TR = 2000 ms, TE = 2.98 ms, flip angle = 9 ◦,
1 × 1 × 1.1 mm resolution) and a T2-weighted image (spin echo,
TR = 3200 ms, TE = 458 ms, 0.9 mm isotropic resolution). Further-
more a contrast enhanced MR image (TR = 4.6 ms, TE = 1.67 ms, flipangle = 15 ◦, 1 mm isotropic resolution) was acquired to be used for
neuronavigation during surgery. 
3.1. TMS motor mapping 
TMS has been conducted using a MagPro X100 stimulator with
a C-B60 coil (figure-eight coil, 35 mm inner diameter, 75 mm outer
diameter, 11 mm winding height, two layers of 5 windings for each
wing of the coil; MagVenture, Inc., Atlanta, Georgia USA). A neuron-
avigation system (Visor2, ANT, Netherlands) was used to constantly
monitor coil position and orientation with respect to the patient’s
head. Patients were seated comfortably in a reclined chair with head
and arm rests. The motor hotspot was determined as the point which
consistently resulted in the largest MEPs by moving the coil over the
scalp. A 5 cm × 5 cm rectangular grid (1 cm spacing) centered on
the initially determined hotspot was created using custom Matlab
scripts ( Fig. 1 A left panel). Single pulse TMS with 120% resting motor
threshold (RMT) of the first dorsal interosseous (FDI) hand muscle
was applied at each grid point. The RMT was defined as the intensity
that elicited at least 5 of 10 MEPs of at least 50 μV amplitude. In total
10 pulses with an interpulse interval of 4 s with 400 ms jitter were
applied at each grid point. The coil angle applied during the whole
experiment was approximately 45 ◦ to midline and recorded with the
neuronavigation system ( Fig. 1A right panel). 
MEPs were recorded using Ag / AgCl bipolar surface electrodes
placed over the FDI in a belly-tendon montage. Signals were sam-
pled at 5 kHz and band-pass filtered between 2 Hz and 2 kHz ( Fig. 1B
left panel). Analog to Digital conversion was performed with a micro
1401 AD converter (Cambridge Electronic Design, Cambridge, UK).
Signals were viewed with Signal 3 (Cambridge Electronic Design, v.
2.13) and stored on a computer for later offline analysis. MEP peak
to peak amplitudes were averaged over each grid position and MEP
maps were computed ( Fig. 1B right panel). 
3.2. Intraoperative direct electrical stimulation 
For each patient a standard neuronavigated craniotomy was per-
formed to get access to tumor regions. Intraoperative neuromonitor-
ing was performed before and during operation using an Endeavor
CR neuromonitoring unit (Viasys, Nicolet Biomedical, Dublin / Ohio,
USA) with a monopolar brain-stimulation electrode (1.3 mm diame-
ter, Inomed, Germany). Nine points on the surface of the precentral
gyrus (with ca. 5 mm spacing, see Fig. 2 A) spanning a cortical surface
area of 2–4 cm 2 were stimulated with a single anodal square pulse
(pulse duration 0.2 ms). In two patients only five points could be
stimulated due to constraints during the surgery. However for both
patients, enough MEPs were elicited which showed a spatial variation
over the stimulation points. For an illustration of the neuronavigated
direct electrical stimulation procedure see Fig. 2B . Current intensities
of 5 mA, 10 mA and maximally 20 mA if no response was achieved
with lower intensities were applied. In addition, responses from two
reference points which were located ca. 2 cm away from the other
points were recorded. MEPs of the FDI hand muscle that were elicited
by DES were recorded and stored offline for further analysis. 
3.3. Computational modeling 
3.3.1. Realistic FEM model 
For each patient an individual FEM model ( Fig. 3 A left panel) based
on the T1- and T2- images was constructed using SimNibs ( Windhoff
et al., 2013 ). Failures in the automated FEM creation including mis-
segmentations and failures in the meshing process were corrected
manually when necessary. Tumor tissue in regions near the motor
cortex was segmented from the MR images by intensity thresholding
and corrected manually. Electric field simulations were performed in
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Fig. 1. Experimental setup: A) A 5 × 5 grid (1 cm spacing) was placed on the scalp over the primary motor cortex (left panel). Orientation of the TMS coil (indicated by blue 
arrows) was 45 ◦ to midline for each position which is approximately perpendicular to the precentral gyrus (right panel). B) Ten motor evoked potentials (MEPs) were recorded at 



















imNibs for each coil position recorded during the TMS neuronavi- 
ated experiment (for an example see Fig. 3B left panel). Isotropic con- 
uctivities were used as follows: σ skin = 0.465 S / m, σ skull = 0.010 S / 
, σ CSF = 1.654 S / m, σ GM = 0.276 S / m, and σ WM = 0.126 S / m. 
umor conductivity was set to the conductivity of the surrounding 
M tissue. We chose this value as most tumors consisted of lung 
issue which has nearly the same conductivity as WM ( Gabriel et al., 
996 ) and edemas around the tumor which might have higher con- 
uctivities were less pronounced among the patients. However, as a 
recise conductivity value for the tumors is hard to determine, we 
nvestigated the effect of varying tumor conductivities in more detail 
n one subject (see Supplementary material). Based on the simulation 
esults, a MEP weighted mean electric field ( E CoG realistic ) distribution 
as computed as described in Opitz et al. (2013) . The rationale be- 
ind this method is that those electric field distributions that resulted 
n strong MEPs were stimulating functionally important brain areas 
hile those which resulted in weak MEPs were only weakly stimu- 
ating functionally relevant brain regions. 3.3.2. Spherical model 
The prediction accuracy of the realistic FEM model was compared 
with that of a spherical model ( Fig. 3A right panel) for each subject. 
To that end, a 5 layer spherical model as described in Thielscher et 
al. (2011) was fitted to the upper half of the skin surface using an 
ordinary least squares method ( Nummenmaa et al., 2013 ). The upper 
skin surface was chosen for fitting, as it best resembles a spherical 
surface compared to the other tissue types. The radii (mean ± SD in 
mm) of the different tissues were r skin = 88.8 ± 3.9, r skull = 84.8 ± 4.1, 
r csf = 77.8 ± 4.4, r gm = 74.0 ± 4.8, r wm = 69.8 ± 5.0. Based on the 
spherical model, electric field distributions were computed for all 
coil positions (see Fig. 3B right panel for an example). Also, an MEP 
weighted mean electric field distribution ( E CoG sphere ) was computed 
for the spherical model. To compare the results between the spherical 
and the realistic model the values at the nodes of the spherical model 
in the GM and WM volume were interpolated to the realistic GM 
surface using a nearest neighbor approach. 
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Fig. 2. Direct electrical stimulation: A) Shown are the DES stimulation points (white squares enhanced in size for better visibility) in one example subject. B) Illustration of the 
intraoperative stimulation procedure. The position of the stimulation electrode is controlled by a neuronavigation software. The red cross indicates the target point at which the 
stimulation electrode was aimed (green cross). Different points on the motor cortex were stimulated and the elicited MEP recorded. C) Simulated electric field distribution for the 
DES for one stimulation point. High electric field strengths are restricted to a confined radius around the stimulation electrode. 
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Fig. 3. TMS computational models: A) sagittal cut through the head models for both 
the realistic (left panel) and the spherical (right panel) case. The surfaces of the five 
different tissue types are shown. The spherical model was fitted to the upper half of the 
skin surface of the realistic model. B) Exemplary electric field distribution in one patient 
for one coil position for both the realistic (left panel) and the spherical (right panel) 
model. While in the realistic model clear effects of tissue boundaries are visible, the 
electric field distribution of the spherical model is mainly determined by the primary 



























Fig. 4. Computational predicted stimulation areas: Shown is the MEP weighted mean 
electric field for the A) TMS realistic model, B) TMS spherical model interpolated on the 
realistic GM surface and C) DES. The stimulation area in the realistic model is restricted 
to the crowns of the precentral gyrus as well as neighboring gyri. For the spherical 
model stimulation area is more extended. The stimulation area of the DES is mostly 
restricted to the primary motor cortex. D) Region of interest (blue area) based on the 
DES stimulation area (MEP weighted mean electric field > 30% of its maximum field 
strength). .3.3. DES simulation 
In addition, the electric field during DES was simulated using the 
ealistic head models. The monopolar electrical stimulation was mod- 
led by applying a Dirichlet boundary condition ( Joucla and Yvert, 
012 ) for the electric potential at the stimulation point at the GM sur- 
ace and a remote large return electrode at the inferior end of the FEM 
odel. An example of the DES electric field is shown in Fig. 2C . The 
verage electric field weighted by the MEPs recorded during surgery 
 E CoG DES ) was computed the same way as described for the TMS in- 
uced electric field. 
.3.4. TMS–DES comparison 
To compare the extent of the simulated TMS electric field stimula- 
ion area that coincides with the DES stimulation area we computed 
he percentage of the area on the GM surface of the E CoG realistic in- 
luded in the area of the E CoG DES . First, we determined a DES ROI 
y thresholding the E CoG DES at 30% of its maximum (for an illustra- 
ion of the DES ROI see Fig. 4 D). This threshold was chosen as the 
 CoG DES drops off fairly steep and with this chosen threshold a good 
overage of the handknob region of the motor cortex was achieved. 
owever, this choice of threshold is arbitrary and therefore we per- 
ormed the same calculation with different thresholds ranging from 
0% to 90% (see Supplementary material) to check the robustness of 
his method. In a second step, we determined the area that was cov- 
red by the E CoG realistic exceeding a certain threshold of its maximum. 
e computed this area in 10% steps from 10% to 90% of the electric 
eld maximum and determined the overlap with the DES ROI. Based 
n the overlap area we determined the percentage of the thresholded 
 included in the DES ROI. The same analysis was performed CoG realistic with the E CoG sphere to compare the prediction accuracy of both mod- 
els. The rationale for this method is that the higher the E CoG realistic 
is, the more likely it should be functionally effective and stimulate 
a brain area that has a causal role for generating MEPs. With higher 
electric field strength threshold, this area should be located in the DES 
ROI which serves as a gold standard for determining causal relevant 
areas for generating MEPs. 
In a second analysis step we computed the center of gravities of the 
E CoG realistic map, the E CoG sphere map and the E CoG DES map (in its 30% 
threshold ROI). This method reduces the electric field maps to one 
single point. In the following the Euclidian distance between these 
CoG points was computed. As the determination of these points also 
depends on the chosen electric field threshold, we again computed 
the distances in 10% steps from 10% to 90% of the TMS electric field 
maximum. 
Finally, in order to acquire a simple model free estimate of the DES 
CoG, we made the zero order approximation that DES causes a point 
like excitation at the tip of the stimulation electrode. Based on this 
method we recomputed the DES center of gravity and the Euclidian 
distances to the TMS center of gravities for the realistic and spherical 
model. 
All the described computations were performed for each subject 
individually and mean and standard error of mean were calculated 
over all subjects subsequently. 
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Table 1 
Covered cortical surface area (mean ± standard error of mean over six patients) in 
cm 2 depending on the threshold of the E CoG measured on the realistic model. 
Electric field threshold 
in percent of the 
maximum Spherical model Realistic model 
10% (9.68 ± 0.29) × 10 2 (4.67 ± 0.41) × 10 2 
20% (3.74 ± 0.16) × 10 2 (1.57 ± 0.18) × 10 2 
30% (1.69 ± 0.11) × 10 2 (7.15 ± 0.85) × 10 1 
40% (9.35 ± 0.52) × 10 1 (3.74 ± 0.49) × 10 1 
50% (5.38 ± 0.30) × 10 1 (1.94 ± 0.27) × 10 1 
60% (3.22 ± 0.19) × 10 1 (1.01 ± 0.13) × 10 1 
70% (1.77 ± 0.10) × 10 1 (4.85 ± 0.64) × 10 0 
80% (7.07 ± 0.89) × 10 0 (1.81 ± 0.33) × 10 0 












































Fig. 5. DES and TMS comparison: A) percentage of the overlap between the DES stimu- 
lation area (3.99 ± 0.46 cm 2 ) and the stimulation area of the TMS for both the realistic 
model (red line) and the spherical model (blue line). Shown are mean ± standard error 
of mean over the six patients for the overlap between the DES and TMS stimulation 
areas for different thresholds of the TMS electric field. For increasing TMS electric field 
strengths an increasing percentage overlaps with the DES ROI. This effect is more pro- 
nounced for the realistic model than for the spherical model. B) Distance between the 
CoG of the TMS map and the CoG of the DES map for both the realistic and the spherical 
model. Shown are mean ± standard error of mean over the six patients for the distance 
between the DES and TMS CoGs for different thresholds of the TMS electric field. With 























Both the E CoG realistic and the interpolated E CoG sphere show high elec-
tric field strength in M1 ( Fig. 4A and B for one example patient). For
the realistic model, high electric field strengths were restricted to gy-
ral crowns and were rapidly decreasing with increasing sulcal depth.
The stimulation area was restricted to a confined region for the re-
alistic model while for the spherical model a larger area exhibited
high electric field strength. The larger stimulation area for the inter-
polated spherical model was independent from the applied threshold
(see Table1 ). The E CoG DES was considerably more spatially restricted
( Fig. 4C for one example patient) towards the gyral crown of M1. 
To analyze the mapping accuracy of the TMS computational model
we computed the percentage of the area of the E CoG realistic in a DES
determined region of interest ( Fig. 4D for an example) for different
electric field thresholds. By increasing the threshold, a higher per-
centage of the electric field was included in the DES ROI ( Fig. 5 A).
For the realistic model about 80% of its highest E CoG realistic ( > 90%
of the maximum) area fell into the DES ROI. In comparison, for the
spherical model a smaller percentage of its highest E CoG sphere was in-
cluded in the DES ROI. The differences between the realistic and the
spherical model were mainly due to the larger stimulation area de-
termined by the spherical model (see Table 1 for the covered area on
the brain for both the interpolated spherical and the realistic model).
The better overlap of the realistic compared to the spherical model
was independent of the threshold chosen to determine the DES ROI
( Supplementary Fig. 1 ). A similar trend as for the stimulation area
overlap between DES and TMS was found for the Euclidian distances.
With increasing electric field threshold, the Euclidian distance for
the TMS map CoG to the DES map CoG decreased ( Fig. 5B ). For the
90% threshold the distance was 6.3 ± 0.7 mm for the realistic and
8.9 ± 1.7 mm for the spherical model. For the model free simple es-
timate of the DES CoG the Euclidian distances to the TMS map CoGs
were 9.4 ± 1.5 mm for the realistic and 11.0 ± 1.5 mm for the spher-
ical model for the 90% threshold, respectively. 
5. Discussion 
In this study we investigated the mapping accuracy of transcra-
nial magnetic stimulation for determining motor areas by comparing
it to the gold standard of direct electrical stimulation. We found that
the TMS stimulation area determined by a computational approach
significantly overlaps with the computed DES stimulation area (see
Figs. 4 and 5 ). Especially in the area of highest electrical field strength,
the overlap was strongest. Also the distance between the TMS map
CoG and the DES map CoG was shortest for the highest electric field
strengths. Using a simplified approach which does not depend on
a computational model to estimate the DES CoG results in slightly
larger distances, which indicates that a merely point like stimula-
tion approximation in DES might not be appropriate but neverthelesscan give another validation independent of the TMS computational
model. 
Compared to spherical models, realistic models make a more spe-
cific prediction of TMS target areas which are in better accordance
with the DES results. Spherical models are not able to account for
effects caused by the gyrification of the brain. The secondary electric
field caused by charge accumulation at the tissue interface between
CSF and GM can have a profound influence on the electric field distri-
bution mainly leading to enhanced electric fields at the gyral crowns
perpendicular to the coil orientation ( Thielscher et al., 2011 ). Thus,
taking into account the gyrification of the brain surface causes a spa-
tially more specific prediction than that of a spherical model. The su-
perior overlap of the realistic model compared to the spherical model
with the DES stimulation area indicates that for a precise estimation
of TMS target areas an accurate representation of the cortical foldings
seems necessary. The good overlap of the TMS stimulation area of the
realistic model with the DES gold standard also validates the use of
individual FEM models as being able to reliably predict brain regions
excited by TMS. While in this study we focused on the motor cortex,
potentially TMS FEM simulations might also help in predicting stim-
ulation sites that are non-motor related, for example brain regions
































































hat are related to speech. 
While it is difficult to put an exact number to the spatial extent 
f the excitation area of DES and TMS, a few estimates can be made. 
he radius of the current spread of direct electrical stimulation can be 
stimated by the formula: I = Kr 2 ( Ranck, 1975 ; Stoney et al., 1968 ), 
ith I the current strength in μA, K the current-distance constant 
hich was estimated to be K = 1292 μA / mm 2 by Stoney et al. (1968) 
nd r the radius of the stimulation area in mm. Based on this for- 
ula, the stimulation radius can be estimated to lie between 2 and 
 mm for current strengths between 5 and 20 mA as applied in this 
tudy. This might lie in a similar range as has been estimated for deep 
rain stimulation (DBS) ( McIntyre et al., 2004 ). However, the effective 
timulation area of DES might be a factor of two or three larger than 
stimated as was shown by combining microstimulation with fMRI 
 Tolias et al., 2005 ). Despite this, the stimulation area of DES seems 
o be in the range of a few mm 2 while the predicted stimulation area 
f TMS spans several cm 2 which can extend over one or two neigh- 
oring gyri. Thus, a millimeter precise stimulation of cortical tissue 
n a noninvasive manner does not seem possible with currently em- 
loyed TMS coils. Other noninvasive brain stimulation methods like 
ranscranial focused ultrasound ( Legon et al., 2014 ; Tufail et al., 2010 ) 
timulation might be able to overcome the physical constraints of 
ranscranial magnetic stimulation. 
One possible limitation of this study is that the area that was di- 
ectly stimulated during surgery was limited in its spatial extent. As 
nly as much skull and dura was removed as was necessary to have 
ccess to the tumor, the brain area that was accessible with DES was 
imited. Thus, the estimated DES stimulation area might be larger 
han that estimated by the applied procedure. However, reference 
oints that were recorded further apart from the motor areas did not 
licit any MEPs even with highest stimulation amplitudes. Also, in 
very patient there were DES stimulation points that did not result 
n MEPs at all, thus demonstrating that there was a spatial confine- 
ent in the measurement data. Another point we cannot address in 
his study is the possible influence of neuronal elements deeper in 
he sulcal wall as they were not accessible with the applied prepa- 
ation during surgery. Also we did not take conductivity anisotropy 
nto account which exerts stronger effects in deeper WM regions but 
s likely to be negligible in superficial GM ( Opitz et al., 2011 ). Thus, 
e deliberately focused on comparing the surface effects of TMS and 
ES. The influence of the tumor on the electric field distribution re- 
ulted in nonnegligible changes only in the case of very high tumor 
onductivities, which likely did not occur in our study. Although it 
eems unlikely that our results are significantly dependent on tumor 
onductivity, future studies might profit from a direct conductivity 
easure of the tumor using Magnetic Resonance Impedance Tomog- 
aphy ( Minhas et al., 2011 ). The mapping accuracy of TMS can be 
ossibly improved by employing more than one TMS coil orientation 
hich was not performed in this study to keep the experimental time 
or the patients as short as possible. Locally enhanced mesh resolution 
round the stimulation electrode can improve the numerical preci- 
ion of the DES results in future studies. Finally, mapping accuracy 
epends on the precision of the neuronavigation procedure which is 
stimated to have an uncertainty of ca. 5 mm ( Ruohonen and Karhu, 
010 ). 
Future studies can possibly improve on predicting the stimula- 
ion area by taking into account other factors like the orientation 
nd morphology of the targeted neuronal elements ( Radman et al., 
009 ) which determine their degree of excitability by external elec- 
ric fields as was already addressed in Salvador et al. (2011) or Pashut 
t al. (2011) . However, in the absence of precise knowledge of these 
actors the absolute electric field strength seems to be a robust mea- 
ure to estimate stimulation areas. In this study we focused on the 
irect stimulation effects of the electric field, however it is generally 
ssumed that TMS acts on brain circuits ( Dayan et al., 2013 ; Fox et al., 
012 ) and exerts its effect on remote brain areas as well. In conclusion, our results suggest that TMS combined with computational electric 
field modeling can reliably predict stimulation areas that show large 
overlap with computationally predicted DES areas. Even though the 
more commonly employed spherical models do not miss the stimula- 
tion area, their spatial specificity is limited compared to more realistic 
models. This computational approach can possibly be used to more 
precisely determine eloquent motor areas in a noninvasive manner 
before brain surgery. It has to be tested in future studies if this method 
can help to improve clinical outcomes for patients undergoing brain 
tumor resection. 
Supplementary material 
Supplementary material associated with this article can be found, 
in the online version, at doi:10.1016 / j.nicl.2014.03.004 . 
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Transcranial direct current stimulation (tDCS) causes a complex electric current flow in 
the head which hampers the accurate localization of the stimulated brain areas. In this 
study we show how various anatomical features shape the electric field distribution in 
the brain during tDCS. We constructed anatomically realistic finite element (FEM) 
models of two individual heads including conductivity anisotropy and different skull 
layers. We simulated a widely employed electrode montage to induce motor cortex 
plasticity and moved the stimulating electrode over the motor cortex in small steps to 
examine the resulting changes of the electric field distribution in the underlying cortex. 
Using a multiple regression model we could identify four key factors that determine the 
field distribution to a significant extent, namely the thicknesses of the skull and 
cerebrospinal fluid, the gyral depth and the distance to the electrode edge. These four 
factors alone account for ~50% of the spatial variation of the electric field. Further, we 
demonstrate that individual anatomical factors can lead to stimulation “hotspots” which 
are partly resistant to electrode positioning. Our results give valuable novel insights in 
the biophysical foundation of tDCS and highlight the importance to account for individual 











Transcranial direct current stimulation (tDCS) is a widely used brain stimulation 
technique with various applications in different areas of neuroscience and clinical 
research. It is typically employed by attaching two large pad electrodes (with a few 
centimeters edge length) to the head and passing a small electric current in the range of 
a few mA through them. It has been shown that tDCS can induce changes on motor 
cortex excitability (Nitsche and Paulus, 2000) that are dependent on stimulation strength 
and duration (Nitsche and Paulus, 2001). In slice preparations it has been demonstrated 
that weak DC fields can shift thresholds for action potential generation and exert an 
influence on spike timing (Bikson et al., 2004, Radman et al., 2007). While the exact 
mechanisms of action are still under discussion it is generally agreed that the local 
electric field and its orientation with respect to neuronal structures is a main determinant 
of the stimulation effects that differ between various stimulation protocols (Radman et 
al., 2009, Miranda et al., 2013). As direct measurements of these electric fields are 
difficult to implement various efforts have been made to estimate the electric field 
distribution by means of computational modeling. Simulation approaches range from 
spherical models (Miranda et al., 2006, Datta et al., 2008) to more realistic MRI derived 
head models (Datta et al., 2009, Sadleir et al., 2010) in order to demonstrate the effects 
of electrode shape, conductivity anisotropy (Suh et al., 2012), different skull layers 
(Neuling et al., 2012) or artificial skull openings (Datta et al., 2010) on the injected 
electric field. 
However, few studies have tried to quantify how much the spatial distribution of the 
electric field on the cortical surface is pre-determined by individual anatomical features. 
That is, to which extent does individual anatomy in addition (or opposing) to the 
electrode placement dictate the stimulated brain areas? 
In the current study we explore the impact of several anatomical factors such as skull 
thickness and sulcal depth on the electric field pattern in the brain. We employ 
anatomically realistic FEM models that are based on MR images and accurately capture 
the gyrification of gray matter (GM), the conductivity anisotropy of white matter (WM), 
the thickness of the cerebrospinal fluid (CSF) layer, the different skull layers, the eye 
regions and the nasal cavities. We focus on simulating the electric field distribution that 
might occur during a standard tDCS experiment aimed at inducing motor cortex 
plasticity. By investigating the effects of systematic displacements of the electrode 
position on the electric field distribution, we characterize how anatomical constraints 
interact with the electrode placement. In particular, we assess how stable the stimulated 
areas in the brain are when varying electrode positions. We demonstrate that our 
results are consistent across FEM models of two individual heads and are robust across 
a wide range of simulated electrode thicknesses and conductivities. 
 
Methods 
MR Data acquisition 
Structural (sMRI) and diffusion (dMRI) magnetic resonance images were acquired for 
two healthy participants (one male, one female, 27 & 26 years) without history of 
neurological or psychiatric diseases. The data was collected using a 3T TIM Trio 
scanner (Siemens Heathcare, Erlangen, Germany) equipped with a 12-channel head 
coil at the MPI for Biological Cybernetics (Tübingen, Germany). The study was 
approved by the local ethics committee of the Medical Faculty of the University of 
Tübingen and data collection was performed after receiving written informed consent. 
T1- and T2-weighted MR images were obtained, both with and without fat suppression. 
3D MP-RAGE was used for the T1-weighted images (192 sagittal slices, matrix size = 
256×256, voxel size = 1 mm3, flip angle 9°, TR/TE/TI = 2300/2.98/1100 ms without fat 
suppression, TR/TE/TI = 2300/4.21/1100 ms with selective water excitation). The T2-
weighted images consisted of 2D turbo spin echo acquisitions (96 sagittal slices, matrix 
size = 256×256, voxel size = 1×1×2 mm³, flip angle 110°, TR/TE = 11990/102 ms, turbo 
factor 11, with and without fat suppression). The signal from subdural fat and the 
spongy bone of the skull was reduced in the fat suppressed images. This simplified the 
accurate reconstruction of the border between CSF and skull and helped the accurate 
segmentation of the eye regions. The dMRI images used a twice refocused SE-EPI 
sequence (72 axial slices, matrix size = 128×128, voxel size 1.9x1.9x2.1 mm3, TR/TE = 
10500/105 ms, 6/8 phase partial Fourier, GRAPPA acceleration factor 2, 7 averages) 
with 20 diffusion directions and a b-value of 2000 s/mm². Interspersed were 7 
acquisitions with b = 0 s/mm². 
 
Segmentation 
FEM head models were created for two subjects. In a first run, different tissue types 
including WM, GM, CSF, skin and skull were segmented in an automated manner using 
SimNibs (Windhoff et al., 2013). Special attention was given to tissue interfaces as 
important physical effects occur there due to charge accumulation and secondary 
electric fields (Miranda et al., 2003, Thielscher et al., 2011). 
The first version of the head models was further refined in a semi-automatic process. 
This was based on anatomical masks for the vitreous body of the eyes, the surrounding 
eye regions and the skull (including the nasal cavities) which had been prepared in MNI 
space before. The masks for the vitreous bodies of the eyes and the eye regions were 
hand-drawn based on the T1 MNI template and covered on purpose spatially slightly 
larger areas. The skull mask was based on the skull reconstructions of the Ella and 
Duke models of the virtual family (Christ et al., 2010) that had been registered to MNI 
space by non-linear warping (FSL FNIRT). It was further improved by manual 
corrections. 
After non-linear registration of the whole-head T1 image onto the MNI template (FSL 
FNIRT), the masks could be accurately registered onto the individual MRIs. The 
transformed mask of the vitreous bodies was applied to the fat suppressed T2-image 
and the final geometries were extracted by histogram-based thresholding. The mask for 
the surrounding eye regions was applied to the non-fat suppressed T2 and histogram-
based thresholding was again used to determine the final geometries. If necessary, the 
skull mask was manually corrected after transformation. The spongy bone was then 
segmented by applying the mask to the non-fat suppressed T1 image, followed by 
histogram-based thresholding. Spurious voxels with high intensities were excluded by 
means of spatial clustering and applying a threshold for the minimum cluster size. The 
final volume masks were used to create triangle surfaces using the methods described 
in (Windhoff et al., 2013) and a tetrahedral volume mesh was built. The resolution of 
tetrahedral elements was enhanced near the electrodes as well as at GM/WM tissue 
interfaces. This semi-automatic process allows for a time-efficient construction of 
geometrically accurate head models that include important anatomical features for tDCS 
simulations. A cut-through image of the FEM head model showing the different tissue 
volumes is depicted in Figure 1A. Conductivity anisotropy for WM and GM was 
estimated from the diffusion tensor using a volume normalized approach as described in 
(Opitz et al., 2011). In short it is assumed that the eigenvectors are the same for the 
diffusion as well as for the conductivity tensor. The eigenvalues are transferred such 
that the mean conductivity of the anisotropic case is identical with the isotropic one. 
 
Simulations 
For both subjects the anode was placed directly above the hand area of M1 and the 
cathode over the contralateral supraorbital region as typically employed in tDCS studies 
aimed at inducing motor plasticity. The electrode size was set to 7 cm x 5 cm (35 cm²), 
which is commonly used in experimental studies. The longer edge of the anode was 
aligned parallel to the central sulcus such that it approximately covered the precentral 
gyrus. In order to study the effect of slight changes in electrode placement we moved 
the anode in steps of 5 mm anterior and posterior as well as medial and lateral (from -
2cm to +2cm in both directions). Furthermore, we rotated the anode around its center in 
15 degree steps until a complete 180 degree turn was completed as further rotations 
would result in the same montage again due to symmetry. In total, 28 different electrode 
montages were simulated for each subject. For an illustration of the simulated montages 
see Figure 1B. The cathode position was left unchanged across simulations. Electrode 
thickness for both anode and cathode was 5mm. 14 additional simulations were 
performed for the second subject where the electrode was translated anterior-posterior 
and medial-lateral around a center position that was two centimeter anterior to M1 as 
the subject exhibited a thinner skull around that region which was of particular interest 
for our study. 
The following conductivity values were used for simulation unless indicated otherwise: 
𝜎𝑠𝑘𝑖𝑛= 0.25 S/m, 𝜎𝑐𝑜𝑚𝑝𝑎𝑐𝑡 𝑏𝑜𝑛𝑒 = 0.008 S/m, 𝜎 𝑠𝑝𝑜𝑛𝑔𝑦 𝑏𝑜𝑛𝑒 = 0.025 S/m, 
𝜎𝐶𝑆𝐹 =  1.79 S/m, 𝜎𝐺𝑀 = 0.276 S/m, 𝜎𝑊𝑀 = 0.126 S/m, 𝜎𝑒𝑦𝑒𝑏𝑎𝑙𝑙 = 0.50 S/m, 𝜎𝑒𝑦𝑒 𝑟𝑒𝑔𝑖𝑜𝑛 =
0.25 S/m and 𝜎𝑒𝑙𝑒𝑐𝑡𝑟𝑜𝑑𝑒𝑠 = 1.79 S/m. Anisotropic conductivity values were used for WM 
and GM and all other tissues were treated as isotropic. The electric field was calculated 
by numerically solving 𝐸�⃑ =  − ∇𝜑, where 𝐸�⃑  is the electric field vector and 𝜑 the electric 
potential. The electric potential 𝜑 was computed using Dirichlet boundary conditions at 
the electrodes with a fixed potential. 𝐸�⃑  was computed by taking the numerical gradient 
of the electric potential. The potential difference and the electric field values were scaled 
such that a current of 1 mA was passing through the electrodes. To identify the effects 
of spongy bone on the electric field distribution in the brain, the same set of simulations 
were repeated for the first subject by setting 𝜎 𝑠𝑝𝑜𝑛𝑔𝑦 𝑏𝑜𝑛𝑒 = 𝜎 𝑐𝑜𝑚𝑝𝑎𝑐𝑡 𝑏𝑜𝑛𝑒 . 
Finally, another 9 simulations were performed to examine the influence of electrode 
thickness and conductivity. Thickness of the stimulation electrode was varied between 
2, 5 and 10 mm and its conductivity values between 0.2, 2 and 20 S/m. Thus, a large 
range of possible combinations that could in practice have an influence on the electrode 
characteristics were covered. 
 
Data Analysis 
For each head model the following measures were computed: Skull thickness, CSF 
thickness and sulcal depth. Skull thickness was defined as the distance between the 
outer surface of the compact bone and the CSF-bone interface. A skull thickness value 
was computed for each node of the skull surface. In addition, a skull thickness value 
was attributed to each node of the GM surface by taking the value of the closest node of 
the skull surface. The aim was to capture the influence of the skull thickness on the 
electric field in the underlying brain region. The CSF thickness was computed by taking 
the distance between the GM and the CSF surface for each node on the GM surface, 
respectively. Sulcal depth was determined by using the values computed by Freesurfer 
(http://surfer.nmr.mgh.harvard.edu/) applying a nearest-neighbor interpolation. Sulcal 
depth values were normalized to their mean. 
Furthermore, for each simulation the distances of the gray matter positions to the 
electrode edges were assessed. This was done in two steps. First, the electrode edge 
on the scalp was projected onto the GM surface. Second, for each node on the GM the 
Euclidian distance to the nearest node of the projected electrode edge on the brain was 
computed. 
The relationship between the electric field in the vicinity of the stimulating electrode and 
the anatomical factors were studied using multiple linear regression. The analysis was 
restricted to a region of interest (ROI) centered on the motor cortex and including the 
brain areas that were directly underneath the stimulating electrode for at least one of the 
simulated positions plus an additional ~2 cm of surrounding GM. By that, we ensured 
that the brain regions on which the stimulation electrode exerted strong effects were 
included into the analysis. The ROIs for both subjects are shown in Figure 1C. The 
covered region for Subject 2 was slightly larger in the anterior direction, reflecting the 
fact that we included more anterior anode positions in that subject. The regions 
underneath the reference electrode or the electric field in remote brain areas were not in 
the focus of this study. 
The absolute electric field value at each node on the GM surface in the ROI was 
regressed against a linear combination of skull thickness, sulcal depth, CSF thickness 
and distance to the electrode edge. As CSF thickness and sulcal depth were naturally 
correlated, we regressed out the effect of sulcal depth on CSF thickness and used the 
residuals of the CSF thickness - sulcal depth regression instead of the original CSF 
thickness in the regression model. To determine whether the amount of explained 
variance exhibited a statistically significant increase with an increasing number of 
explanatory factors, we used a hierarchical testing approach and assessed sequential 
F-tests when adding one additional explanatory variable at each step. Regression 
models and F-tests were run separately for each simulated position. F-values were 
computed and compared to their critical value of the 95-th percentile of the F-
distribution. The mean and standard deviation of the amount of explained variance r² 
was computed over all positions and assessed for reporting. 
Finally, we aimed at evaluating whether certain brain areas were especially prone to 
being stimulated. To do so, we first determined the GM nodes that exhibited electric 
field strengths greater than 80% of the maximum of the electric field occurring on the 
GM surface. This was done separately for each of the positions of the stimulating 
electrode. Subsequently, an “index of activation likelihood” was computed for each GM 
node by determining the number of times in which its electric field exceeded the 80% 
threshold across all positions. 
 
Results 
As a first step, the influence of anatomical factors on the electric field distribution in the 
cortex can be exemplarily demonstrated by focusing on the effects of the skull thickness 
and of the distance to the electrode edges (Fig. 2A). Generally, the electric field (and, 
likewise, the current flow) is strongest underneath the electrode edges. However, this 
effect is clearly modulated by the skull thickness: Thinner skull parts (indicated by the 
circles in Fig. 2A) exhibit the highest field strengths. This in turn causes increased field 
strengths in the underlying GM parts (Fig. 2B). This effect is stable and largely 
independent of explicitly modeling the spongy bone (Fig. 2B left panel) or setting the 
conductivity of spongy bone to compact bone (Fig. 2B right). 
In general, spongy bone can be mostly found in regions where the skull is thick. As 
spongy bone is better conducting than compact bone, not taking the spongy bone into 
account will therefore further increase the resistance of thick skull regions. By that, the 
current flow will be even more channeled towards thin skull parts (Fig. 2C). However, 
the overall effect on the electric field in GM seems moderate and in the range of ~ 20%. 
Visual inspection reveals that the effects of spongy bone as depicted here for a specific 
electrode position are generally observed across all simulated positions (data not 
shown). 
A more complete picture arises when taking sulcal depth and thickness of the overlying 
CSF layer as additional factors into account (Fig. 3). Very high field strengths (indicated 
by the black circle in Fig. 3E) occur in a GM region which is at a gyral crown (i.e., has a 
low sulcal depth; Fig 3B), has a thin overlying skull (Fig. 3A), a thin overlying CSF layer 
(Fig. 3C) and is directly below the edge of the electrode (Fig. 3D). Regions exhibiting a 
high but not maximal field strength show a similar combination of factors yet to a lesser 
extent. For example, the region indicated by the red circle in Figure 3E is not fully 
underneath the electrode edge, but still shows an “optimal” combination of the other 
three factors. For regions of weak electric field strength, a reverse relation to the 
underlying factors can be observed. 
The relationship between the electric field in GM and the discussed factors can be more 
systematically visualized by means of two-dimensional histograms. For that purpose, 
the value pairs for the field strength and the anatomical features from all nodes within 
the GM ROIs are binned into a two dimensional grid and the number of nodes falling 
within each bin of the grid is determined and coded as a frequency of occurrence. The 
histograms for Subject 1 for one exemplary electrode position are shown in Figure 4. 
For example, Figure 4A depicts the dependence of the electric field on the skull 
thickness, showing higher electric field strength with lower skull thickness. The 
relationship between the field strength and the other three factors - CSF thickness, 
sulcal depth and distance to the electrode edge - show similar patterns (Fig. 4B-D). 
The total explained variance of the regression model across all simulated electrode 
positions is r² = 0.48 ± 0.04 for Subject 1. For Subject 2 the amount of explained 
variance is reduced to r² = 0.30 ± 0.02 for the first set of simulations over the motor 
regions. Visual inspection of the results revealed that the underlying reason is a less 
variable distribution of skull and CSF thickness values in the region underneath the 
tested electrode positions. When testing 14 additional, more anterior electrode positions 
in Subject 2, the explained variance increases to r² = 0.51 ± 0.06. Sequential F-tests 
showed that the increase in explained variance by adding explanatory factors is 
statistically significant at p= 0.05 for all factors for all but one of the 70 simulated 
positions. This demonstrates that the explored features exert a robust and significant 
influence on the electric field strength in the cortex. 
Further, we were interested to explore whether the position of the maximally stimulated 
cortical area changes smoothly with the position of the stimulating electrode, despite the 
observed influence of anatomical factors. For each simulated position, the GM areas 
that exhibit electric field strength greater than 80% of the maximal field strength were 
determined. An “index of activation likelihood” was then defined that indicates how often 
a cortical area exceeds the threshold across all simulated electrode positions. A 
homogeneous distribution of low likelihood values across the cortex indicates that the 
maximally stimulated area is mainly determined by the electrode position. On the other 
hand, an activation index of 1 means that this brain region was stimulated stronger than 
80% of the maximum in all simulations, irrespective of the actual electrode placement. 
Please note that the threshold of 80% is an arbitrarily chosen value. However, setting 
the threshold to 70% or 90% reveals similar results (data not shown). Figure 5A shows 
the results for Subject 1. The highest likelihood of activation occurs in premotor regions 
for both electrode translations (left panel) and rotations (right panel). A similar pattern 
was visible for Subject 2, again for both translations (Fig. 5B left panel) and rotations 
(Fig. 5B right panel). This suggests that anatomical factors are highly determinant of the 
positions on which the electric field exerts its strongest influence despite the movement 
of the electrode over an area of 4x4 cm on the scalp. 
The final set of simulations was aimed at ruling out that the simulated electrode 
characteristics might have strongly influenced the findings reported so far. However, for 
a wide range of thicknesses and conductivities, the electric field distribution on the scalp 
stays widely constant (Fig. 6). While the overall influence is small, a few effects are still 
observable: For low electrode conductivities the electric field is more smeared out 





The spatial distribution of the electric field that is injected in the cortex during tDCS is a 
primary determinant of the resulting neural and behavioral effects. Here, we show that 
the field strength depends on several anatomical factors – the thickness and 
composition of the overlying skull, the thickness of the CSF layer between the cortex 
and skull and the sulcal depth. In addition, it is scaled by the distance of a cortical 
position to the closest electrode edge. 
The strong influence of the skull on the field in the brain results from the fact that it is the 
least conductive medium in the human head. Currents pass approximately radially 
through it when flowing from the electrode to the brain and the radial conductivity of thin 
parts of the skull is higher compared to surrounding skull regions. This establishes a 
preferred path for current flow that results in higher field strengths in thin skull areas and 
in underlying brain tissue. We demonstrate that this effect is largely independent of 
spongy bone being explicitly modeled or not. Setting the conductivity of spongy bone to 
that of compact bone results in a modulation of the electric field in the cortex in the 
range of up to 20%. Spongy bone is mainly found in the thicker regions of the skull and 
enhances the radial conductivity of these regions. By that, the current flow tends to be 
more evenly distributed across skull regions of different thicknesses when explicitly 
modeling the spongy bone compartments. However, the overall effect is small and 
current flow still occurs preferentially through thin skull regions. As a consequence, 
brain areas under thinner skull regions like the temporal bone will be more readily 
stimulated by tDCS than areas under thick skull regions. This effect might be very 
important for dosage considerations for tDCS. Our results tie in nicely with prior findings 
on role of the net radial conductivity of the skull in influencing current flow in a more 
simplified model (Rampersad et al., 2013) and on the impact of skull openings on the 
field in underlying brain areas (Datta et al., 2010, Mekonnen et al., 2012). In a similar 
vein, skull conductivity and sutures have also strong effect on the accuracy of source 
localization in EEG (Dannhauer et al., 2011). The detailed skull conductivity has smaller 
influences on TMS and MEG (Lew et al., 2013) as the induced current flow and the 
measured sources, respectively, are mainly tangentially orientated in these cases. 
The general dependence of the electric field on the sulcal depth is an expected finding 
since current spread results in lower current densities and hence electric field strengths 
in regions further down in the sulci (see also Wagner et al., 2013). In Miranda et al. 
(2013) peaks of the normal electric field component have been reported to occur in 
deeper sulcal regions. It should be noted that this finding only refers to localized field 
maxima, while the tangential field (which, according to their report, mainly occurs in 
superficial brain areas) is on average still stronger than the normal component. In 
addition, the peak values are in about the same order of magnitude (0.2 - 0.3 mV/mm) 
as we find with our model in deeper sulcal regions. However, the strongly enhanced (~ 
1 mV/mm) superficial electric fields caused by anatomical factors such as skull thinning 
diminishes the relative contribution of these electric fields in deeper brain areas. 
Interestingly, even when factoring the effect of sulcal depth out, the thickness of the 
CSF layer still has a significant impact on the field strength in the underlying cortex 
region. A thin layer of CSF increases the field in the underlying brain region: CSF is the 
domain in the head with the highest conductivity and is thus a preferential pathway for 
the injected currents. With only a thin CSF layer over the brain, less current is carried 
away before entering the GM. A related effect of CSF has been demonstrated for EEG 
where the amplitudes of signals recorded over the occipital cortices were altered due to 
more or less CSF covering it, depending on the subjects body positions (prone or 
supine; Rice et al., 2013). Similarly, in case of TMS, it is suggested that gyri closer to 
the skull tend to experience higher field strength as they are within the pathway of 
strong currents flowing tangentially in superficial CSF layers (Bijsterbosch et al., 2012). 
In addition to individual anatomical factors, the distance of a cortical region to the 
nearest edge of the electrode influences the field strength. Consistent with the results of 
previous studies (Miranda et al., 2013), this effect is most pronounced in the skin and 
skull but can be also observed in underlying tissues. Depending on the simulated 
participant, the unique combination of individual anatomical features can result in a 
highly specific electric field distribution in the brain. However, we demonstrate here in 
two head models that up to 50% of the variance of the field in the most strongly affected 
cortical areas can be explained by a linear regression model relying on four 
comparatively simple factors.  
Combinations of anatomical factors can occur which result in a very inhomogeneous 
field distribution in the cortex. Specifically, our results show that brain areas in the 
proximity to both thin CSF and skull layers and close to an electrode edge can 
experience high field strength. As a result, when determining which brain areas are 
most strongly stimulated over all electrode positions, only one or two single brain 
regions pop out. In both head models, these regions do not coincide with the primary 
motor cortices but with more anterior areas. Importantly, they are also the most 
stimulated areas when the electrode was placed centrally above M1, as would be the 
case in a practical experiment. Our findings are robust to variations in electrode 
thickness and conductivity as the latter had only a minor influence on the electric field. 
This further indicates that the choice of the electrode type (e.g. saline soaked sponge 
electrodes or rubber electrodes covered by a conducting gel) can thus be guided by 
practical considerations in experiments. 
Adjusting the electrode position is the main measure taken in practical tDCS 
experiments for targeting a certain brain structure. Our results obtained in two head 
models indicate that the effectiveness of this approach can be strongly limited by 
anatomical factors and that it can very difficult to steer a significant amount of current to 
the selected target region. As anatomy exhibits interindividual variability, this further 
means that the same montage can stimulate very different brain regions across different 
subjects. Thus, variability in anatomy very likely contributes strongly to the 
interindividual variability in the physiological and behavioral tDCS effects. Future studies 
using subject-specific FEM models for tDCS should investigate if physiological different 
effects between subjects can be explained by computational biophysical models as has 
already been demonstrated in the case of TMS (Thielscher and Wichmann, 2009, Opitz 
et al., 2013). The impact of anatomical specificities could possibly be accounted for by 
using multielectrode targeting approaches (Dmochowski et al., 2011) which would 
adjust stimulating currents such that a maximal electric field could be reached at the 
target area despite the hindering anatomical factors. Our results indicate that the 
accuracy of those approaches might benefit strongly from using subject-specific rather 
than template FEM models. 
In conclusion we show how various anatomical factors of the human head influence the 
electric field distribution in the brain. Approximately 50% of the variation of the field in a 
ROI underneath the stimulation electrode can be explained using four simple measures 
to capture the thickness of the skull and CSF layer, the sulcal depth and the distance to 
the closest electrode edge. Furthermore, we describe the influence of the electrode 
position and its interaction with anatomical features on stimulated brain regions. We 
demonstrate that individual anatomy has a strong influence on the electric field 
distribution that can largely determine the stimulated area irrespective of the exact 
electrode position. The knowledge of the influence of the described anatomical factors 
can be important for the interpretation of tDCS effects as well as for the design of 
optimized stimulation protocols. While we investigated the effects of individual anatomy 
on the electric field for transcranial direct current stimulation, they also apply for other 
forms of transcranial electrical stimulation, like transcranial alternating current 
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Figure 1: A) Cut-through image of the FEM head model of Subject 1. Shown are the 
different tissue types and their composing tetrahedral elements. The skull is composed 
of three layers: Two layers of compact bone (light gray) are encompassing the spongy 
bone (yellow).  Element resolution is enhanced at tissues underneath and next to the 
electrodes. B) Illustration of the simulated montages. While the reference electrode 
(blue) over the contralateral forehead was kept constant, the position of the stimulation 
electrode (green) over the left motor cortex was systematically varied. The electrode 
was moved 2 cm anterior and posterior as well as medial and lateral in 5 mm steps. 
Furthermore, the electrode was rotated in 15 degree steps around the central position. 
C) Brain regions of interest. Shown are the regions of interest (blue) on the brain where 
the electric field was evaluated for the regression model. The ROIs comprised motor 
regions as well as neighboring gyri to cover all potential regions with high electric field 
strengths. For Subject 2 the ROI was more extended in the anterior direction, as for this 
subject additional simulations were performed with more anterior electrode positions. 
Figure 2: Effect of skull thickness. A) The electric field on the skull is depicted for one 
representative electrode position (left panel; the electrode outline is indicated as white 
line). Regions of strongest electric field occur at the electrode edge especially in more 
lateral parts of the skull (black and red circles). These regions of enhanced electric field 
strength coincide with regions of thin skull (right panel). B) Areas underlying thin skull 
experience higher electric field strength than surrounding brain tissue (black and red 
circles). This effect is independent of the inclusion of spongy bone in the model. Both 
the models distinguishing between spongy and compact bone (left panel) or not (right 
panel) show the same qualitative behavior. C) Relative difference between the electric 
fields on the cortex for the models without versus with spongy bone (left panel). The 
origin of the observed differences can be understood by relating them to the anatomy of 
the overlying skull regions (right panel). The field strength in gray and white matter is 
shown in a coronal slice underneath the stimulation electrode. In addition, the 
surrounding CSF, skull and skin compartments of the head model and the electrode are 
depicted. When not distinguishing between spongy (yellow tetrahedra) and compact 
(beige tetrahedra) bone, the conductivity of thicker parts of the skull is overestimated. 
This results in too high electric field estimates in the brain areas underlying thin parts of 
skull, as indicated by the red arrows.  
Figure 3: Example demonstrating the effect of several factors on the electric field in the 
cortex. For visualization, the factors are projected on the inflated brain surface and 
shown together with the electric field. A) Local skull thinning (black circle) correlates 
with strong electric fields. B) Regions with low sulcal depth (at the gyral crown) are 
prone to high electric fields (black and red circles). C) Thin CSF layers (black and red 
circles) correspond with high electric fields. D) Regions at or near the electrode edge 
(black and red circles) have high electric fields. E) The electric field distribution exhibits 
various hotspots, depending on several anatomical factors. The two main hotspots are 
exemplarily marked (black and red circles). 
Figure 4: Quantitative relationship of anatomical features and electrode position with 
the electric field strength in the brain. Shown are 2D histograms and the regression 
lines (gray) between the electric field and the explanatory variables for all four factors in 
the regression model. A) High electric field strength is related with lower skull thickness. 
B) Increased electric field strength is observed for regions with a thin overlying CSF 
layer. C) Regions with a low sulcal depth (near or at a gyral crown) have higher field 
strength than regions with high sulcal depths (at the sulcal fundus). D) Electric field is 
strongest in regions underneath the electrode edge and drops off with increasing 
distance. 
Figure 5: The maximally stimulated brain areas are partly pre-determined by 
anatomical factors. Shown is the index of activation likelihood which indicates how often 
a brain region is maximally stimulated over all electrode positions. A) Activation for 
Subject 1 for both electrode translation (left panel) and rotations (right panel). B) 
Activation for Subject 1 for both electrode translation (left panel) and rotations (right 
panel). Note that for both subjects the maximally stimulated area is consistently anterior 
to the primary motor cortex. 
Figure 6: Effect of electrode thickness and conductivity. For each simulation, the field 
strengths is normalized to the individual maximum on the scalp. With increasing 
electrode conductivity regions of high electric field strength become spatially more 
confined. 
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In this thesis, new computational methods for non-invasive brain stimulation were developed 
and validated with experimental data. For transcranial magnetic stimulation we found that 
individual FEM models are able to partly account for the variance in motor evoked potentials 
and are able to reliably predict stimulation areas in the brain. We further validated the models 
with direct electrical stimulation measurements in tumor patients. Here we found a good 
overlap between TMS and DES stimulation areas. We thus conclude that individual electric 
field modelling is able to more precisely determine stimulated areas in the brain. In the future, 
these models can help to improve presurgical mapping of eloquent areas in the brain. Also in 
healthy subjects, targeting accuracy with TMS can be improved, especially in combination 
with neuroimaging, and might lead to novel stimulation protocols. With increasing automation 
in the FEM model generation and computational resources, a more widespread use of 
realistic field calculation in TMS can be reached in the near future. 
For transcranial direct current stimulation we found a strong influence of anatomical factors 
on the electric field distribution. Especially, local skull thinnings were found to be preferential 
pathways for electric current flow. This resulted in hotspots in the brain which were relatively 
independent from the exact electrode montage showing that anatomy can partially override 
the effect of electrode placement. However, the effects of anatomical properties of the head 
on the electric field distribution in the brain can be accounted for in a regression model. The 
influence of different components can help for an overall better understanding of the 
underlying biophysics in tDCS. The strong anatomical dependence might cause practical 
problems to target chosen brain structures as they might be badly positioned to be 
stimulated. Here, it can be explored in the future if more refined stimulation strategies like 
multi electrode systems can overcome existing anatomical constraints in transcranial direct 
current stimulation. Also, experimental studies linking physiological or behavioral measures 
with computational predictions are needed to evaluate the usefulness of individual realistic 
models for tDCS. 
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